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Foreword 



Magnetic resonance imaging is recognized as one of the most important 
medical advances of the century. It has opened new windows into the human 
body, revealing structure and function with a level of detail that would have 
been unimaginable only decades ago. 

The award of the Nobel Prize in Medicine to Paul Lauterbur and Peter 
Mansfield is a wonderful recognition for their important contributions to the 
development of MRI. The award of the Nobel Prize in Medicine for work that 
is rooted in Physics and Engineering is also an important validation of these 
disciplines as important participants within the medical research community. 

While the pioneering work of Lauterbur and Mansfield was critical to 
the early development of MRI, the amazingly wide range of its capabilities 
have resulted from the efforts of the many scientists and clinicians. Unlike 
other high-tech imaging modalities, a large proportion of the techniques cur- 
rently used in state-of-the-art practice were not initially introduced by industry. 
Rather, these advances were made by investigators and physician specialists in 
academic centers and clinical imaging practices. In a very real way, MRI — one 
of the most important tools of modern medical practice — is a technology that 
was invented by its users] 

The Handbook of MRI Pulse Sequences is a comprehensive and highly 
readable reference targeted squarely at those who want to understand the cur- 
rent state-of-the-art, as well as those who are committed to continuing the 
process of innovation. The authors have segmented the vast subject of MRI 
technology into five logical sections: Background Concepts, Radiofrequency 



Pulses, Gradients, Data Acquisition, and Pulse Sequences. These sections con- 
tain carefully planned groups of chapters that systematically cover the field. 
The chapters use a modular building block approach that avoids repetition, 
allowing efficient presentation of a subject. Each of the main sections is self- 
contained, allowing the reader to go directly to any section without the need 
to review previous sections. Consistent nomenclature is used throughout. 

Such disciplined and accessible coverage of the field would have been 
difficult if the book followed the model of chapters written by dozens of authors. 
Instead the Handbook ofMRI Pulse Sequences is the product of three highly 
dedicated authors. Drs. Bernstein, King, and Zhou have all made significant 
contributions to the MRI field and have collective experience spanning from 
industry to academia. All three are highly accomplished in teaching the "nuts 
and bolts" of MRI technology. 

Most chapters are accessible to readers with varying levels of exper- 
tise. The book should be useful to physicists and MRI radiologists alike. 
The chapters combine rigorous mathematical coverage of concepts to the 
level warranted by the subject matter, with qualitative descriptions wherever 
feasible. 

This book is unique in the fact that it brings together in one reference 
many areas of MRI technology that are not well covered in other available 
references. Such areas include adiabatic fast passage radiofrequency pulses, 
stimulated echoes, ordered phase encoding, navigator echoes, and many oth- 
ers. The section on Gradients nicely clarifies the generally misunderstood 
terminology and purpose of the various types of correction gradients such as 
crushers, spoilers, and twisters. 

Many scientists who are active in supervising MRI research by graduate 
and postdoctoral students have encountered, year after year, a relative paucity 
of comprehensive reference textbooks that can answer the recurring questions 
that arise. The Handbook of MRI Pulse Sequences will address this need in an 
outstanding fashion. 

This book will become one of the classic texts in the field and will play 
a key role in helping the next generation of scientists and MRI clinicians to 
continue the process of invention. 

Richard L. Ehman, M.D. 

Professor of Radiology 

Mayo Clinic 
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MRI has now been developing for over 30 years. The first experiments 
did not use any technique that would ordinarily be called a "pulse sequence," 
employing CW applications of radiofrequency (RF) fields and static main 
magnetic fields and gradients, with iterative back projection reconstruction and 
T\ discrimination by changing of RF intensity. It was soon realized, however, 
that time-dependent RF pulses and magnetic field gradients offered more flexi- 
bility in many applications, and the field of "pulse sequence" design opened. 
This book is the best evidence of its subsequent proliferation, both for the sake 
of novelty and to tailor instrument responses to a variety of applications. An 
unfortunate side effect has been that such efforts have introduced innumerable 
acronyms or near-acronyms in an effort to distinguish the various sequences, 
or fix credit for their designs. This book is the most valiant and successful 
attempt yet to provide a useful description of this "zoo," and to relate and 
classify the various denizens in it. Such a taxonomy can never be complete, 
as the inhabitants keep multiplying and providing new hybrids which must be 
classified to facilitate discourse among physicists, engineers, physicians, and 
others, and to help pulse sequence designers avoid inadvertent duplication of 
efforts. I believe that no MRI developer or user can read this book without 
learning more about the field, as I have. 

But what does this suggest about future editions or successors? New 
applications will continue to become important, and new opportunities will 
continue to suggest themselves to creative pulse-sequence designers. Will we 
soon reach the limit of our ability to absorb, retain, and understand such inno- 
vations, which may include aspects of high-resolution solid-state spectroscopy 
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and quantum computing? There is some evidence that we already have, as 
much MRI seems even now driven by habit, custom, and instrumental con- 
straints rather than by medical and other needs. In the future, the functions 
that this book serves may be accomplished by interactive database programs 
that "understand" MRI physics, so that properly defined needs can be matched 
to the best sequences, and new sequences consistent with machine capabil- 
ities can be computer-developed as needed. I therefore look forward to the 
second edition of this book as a CD or equivalent, combined with a special- 
ized search-engine. In the meantime, the first edition will well-repay careful 
study. 

Paul C. Lauterbur, Ph.D. 

Center for Advanced Study 

Professor of Chemistry, Biophysics and 

Computational Biology, and in the Bioengineering Program 

Research Professor of Medical Information Sciences 

College of Medicine at Urbana-Champaign 

and Distinguished Professor, College of Medicine 

University of Illinois at Chicago 



Preface 



Since its invention in the early 1970s, the development of magnetic res- 
onance imaging (MRI) has been among the most active and exciting areas 
in science, technology, and medicine. Today, thousands of MRI scanners are 
operating throughout the world, providing crucial information in such diverse 
areas as material science, pharmaceutical development, and especially medical 
diagnosis. 

MRI encompasses many areas of science and technology, including spin 
physics, biophysics, image reconstruction, and hardware design. Although 
each area performs a necessary function, it is the MRI pulse sequence that 
links many of the individual functions together and plays a pivotal role in 
data acquisition. Over the past 30 years, development of pulse sequences has 
been an extremely active area of MRI research. Many important concepts of 
MRI are realized through pulse sequence design, and virtually every imaging 
application is enabled by one or more pulse sequences. This book aims to help 
the reader gain a comprehensive understanding of many pulse sequences (and 
their associated techniques) in use today. The book is also intended to assist 
the reader to continue the innovation in pulse sequence design, and to carry 
MRI development into the future. 

While this handbook focuses on MRI pulse sequences, it also covers the 
building blocks from which they are composed, as well as the related image 
reconstruction techniques and important mathematical tools that are helpful 
for understanding them. We have divided the book into five parts. Each part 
of the book is preceded by its own introduction, which provides an overview 
of its contents. Part I covers two basic mathematical tools: Fourier transforms 
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and the rotating reference frame. Parts II through IV describe a variety of 
the basic building blocks and associated techniques of MRI pulse sequences: 
radiofrequency (RF) pulses, gradient waveforms, data acquisition strategies, 
and common image reconstruction methods. Part V describes how these com- 
ponents are integrated into some of the common pulse sequences. Selected 
applications of each pulse sequence are also discussed in Part V. 

The five parts of the book are further subdivided into chapters. For 
example, Part III on Gradients contains chapters describing gradient lobe 
shapes, imaging gradients, motion-sensitizing gradients, and correction gradi- 
ents. Each chapter in turn contains multiple sections that are usually arranged 
alphabetically. In all, there is a total of 65 sections. The sections in each 
chapter are independent, forming their own self-contained units. As such, the 
sections do not have to be read in any particular order. Each section contains 
an introduction to the subject and some qualitative description. Depending on 
the subject matter, mathematical analysis, practical implementation details, 
and/or descriptions of applications may also be included. At the end of each 
section, selected references are provided, and the related sections are listed. 

It is also important to say what this book is not. This book is not meant 
to be an encyclopedia of pulse sequences. We have attempted to cover most 
of the MRI pulse sequences in common use today, but have made no attempt 
to describe every pulse sequence that has ever been published. We believe, 
however, that virtually every MRI pulse sequence that has ever been imple- 
mented (or even proposed) is composed, at least in part, of the building blocks 
described in detail in this handbook. We would also like to emphasize that 
exclusion of any particular sequence or technique is not meant to imply any- 
thing about its relative importance. The scope of this book encompasses MR 
imaging pulse sequences, but excludes purely spectroscopic pulse sequences, 
and only briefly touches on spectroscopic imaging. The physical descrip- 
tion of spin dynamics (sometimes called spin "gymnastics") is limited to the 
classical picture, which is sufficient for the vast majority of the discussion 
throughout the book. Therefore, neither quantum mechanical formalism nor 
multiple-quantum phenomena are covered. 

We make no rigorous attempt to provide an historical record of who inven- 
ted or first published any particular pulse sequence or technique. Given the 
activity in the field of MRI, a thorough study of that subject could probably 
fill a large volume itself. The selected references at the end of each section 
are only intended to provide the reader with additional material to understand 
the subject matter, and do not necessarily correspond to the earliest work on 
that subject. The references are a collection of papers, review articles, confer- 
ence abstracts, books, book chapters, and patents selected from those we have 
found instructive during our own study. The reader may also notice that some 
of the sections in Part V contain many more references than the earlier sections. 



Perhaps this is an expression that there are many more ways to combine and 
permute the building blocks, compared to the number of building blocks them- 
selves. Because of the breadth and depth of activity in MRI research, we realize 
that we have inevitably omitted some important references. We are eager to 
receive feedback about the book, so feel free to contact us if you would like to 
suggest additional references that should be included in future editions. 

This book is written primarily for scientists and engineers working in 
the field of MRI. It can also serve as a supplementary textbook for a gradu- 
ate course on medical imaging, medical physics, or biomedical engineering. 
Radiologists and other medical professionals interested in an in-depth under- 
standing of various MRI pulse sequences will also benefit from the book. To 
cover the diverse background of the readership, both non-mathematical and 
mathematical descriptions are provided. Readers not interested in the mathe- 
matical description of a particular topic can skip over those portions of a section 
that contain complicated equations. It is our aim to provide those readers with 
sufficient qualitative description in text and figures to convey the gist of each 
section. The level of mathematical sophistication varies widely from section 
to section. This is because we have tried to tailor the mathematical level to the 
specific subject material, rather than to a specific readership. For example the 
mathematical level used in the sections describing SLR pulses (§2.3), gridding 
(§13.2), and parallel imaging reconstruction (§13.3) is considerably higher 
than that describing real-time imaging (§1 1.4). In general, however, the level 
of mathematical sophistication is at the first-year university level, with use of 
vectors, basic calculus, and linear algebra. A notable exception is the use of 
Fourier transforms, which are relied on extensively throughout the book. To 
help keep the book self-contained, § 1 . 1 is entirely devoted to the properties of 
continuous and discrete Fourier transforms. 

In writing this book, we have assumed that the reader has already acquired 
some basic knowledge of MRI physics. Although we provide discussion of a 
few essential physical concepts, such as the Bloch equations, gradients, and 
rotating reference frame, we encourage the reader to consult any of the excel- 
lent introductory MRI physics books, should there be a background concept 
that is unfamiliar. Similar to the level of mathematics, the level of physics is 
also tailored to individual sections. For example, §12.1 on cardiac triggering 
requires little background on spin physics, while to understand the adiabatic 
pulses described in Chapter 6 requires a somewhat deeper background in MRI 
physics. Many of the physical concepts used to understand adiabatic pulses, 
however, are described in that chapter, or in other sections of the book. 

The idea of writing a handbook on MRI pulse sequences, with self- 
contained sections, was initiated by one of the authors (X.J.Z.) in the spring of 
1999, but it was only through the effort of all three authors working in concert 
that the book took its current shape. Between 1999 and 2000, the three authors 
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held numerous meetings and conference calls to define the scope. We focused 
on designing a book with three primary features, all aimed at helping the 
reader extract the maximal information with the minimal effort. First, as men- 
tioned earlier, each section is self-contained so the reader can go straight to the 
material of interest without reading the preceding sections in sequential order. 
Second, also mentioned earlier, each subject in a section is discussed both qual- 
itatively and quantitatively to serve readers with various backgrounds. Third, 
special attention is paid to maximizing consistency across all the sections. This 
frees the reader from having to make the mental adjustment for inconsistent 
notation, conventions, and terminology usually required when reading a set of 
original research papers, or an edited book that has many contributing authors. 
Many of the mathematical symbols, constants, abbreviations, and acronyms 
used across multiple sections of the book are listed in the appendices. 

This handbook was written during a period from 2000 to early 2004. It 
is the product of three authors who contributed equally. The author names in 
various places are listed alphabetically and the order does not imply relative 
contribution to the book. Each step in the process was designed to ensure 
maximal consistency throughout while maintaining the breadth of coverage 
that three authors can provide. In this electronic era, being based in separate 
cities did not hamper this effort. A primary author drafted each section, and 
then sent it to one of the other authors for review. Based on the comments and 
additions received, the primary author revised the section and sent it to the third 
author for further review. The process was iterated as many times as necessary 
(in some cases, seven or eight iterations) until all authors were satisfied with the 
manuscript. To make the handbook as seamless as possible, the three authors 
participated in telephone conference calls at regular intervals. As a result, each 
author made substantial contributions to every section. In spite of our efforts, 
mistakes undoubtedly still exist. We encourage the reader to contact us, should 
she/he find any errors, omitted material, or any explanations that are not clear. 
Correspondence about a particular section can be addressed to the primary 
section author who is listed in the table of contents, and who will continue to 
manage the revisions of that section. 

In addition to our own review process, we also asked a number of experts 
to review several sections of the manuscript. We are indebted to these guest 
reviewers who improved the quality of those sections with their insightful 
comments. Stephen Riederer, Ph.D. reviewed § 1 1 .4 on real-time imaging, and 
§15.3 on time-of-flight and contrast-enhanced MR angiography. James Glock- 
ner, M.D., Ph.D. reviewed §12.1 on cardiac triggering, as did Kiaran McGee, 
Ph.D. Heidi Ward, Ph.D. reviewed §12.2 on navigator echoes, and §14.1 on 
gradient echoes. Elisabeth Angelos, Ph.D. reviewed § 1 3.3 on parallel imaging. 
Yihong Yang, Ph.D. reviewed §17.1 on arterial spin tagging. Sarah Patch, 
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Ph.D. reviewed §17.5 on projection acquisition. We greatly appreciate all of 
their help. Naturally, any errors remaining in those sections are solely ours. 

We also thank the many contributors (Drs. Kimberly Amrami, Walter 
Block, Reed Busse, Kim Butts, Norbert Campeau, Bruce Daniel, J. Kevin 
DeMarco, Kevin Glaser, E. Mark Haacke, Romhild M. Hoogeveen, John 
Huston III, Emanuel Kanal, Chen Lin, Kiaran McGee, Paul McGough, Gary 
Miller, Koichi Oshio, Scott Reeder, Pr. Regent, Larry Tanenbaum, Heidi Ward, 
Qing-San Xiang, Yihong Yang, and Frank Q. Ye) who provided images for 
this handbook. Their contributions are individually acknowledged again in the 
figure captions. 

We would also like to thank Linda Greene for her review of some of 
the page proofs, David Thomasson, Ph.D. for providing a glossary of MR 
terms used by Siemens Medical Solutions, and Tim Hiller for providing a 
list of acronyms used by Philips Medical Systems and other vendors. Our 
appreciation is also extended to Dr. K. Noelle Gracy, Anne Russum, Marcy 
Barnes-Henrie, Paul Gottehrer, and others at Elsevier who aided us during 
various stages of planning and writing the book. 

Many other individuals also helped us in various ways to make this book 
possible. We would like to individually express our whole-hearted gratitude to 
them: 

MAB: I am indebted to all my teachers and mentors. In the field of physics, 
the guidance from Drs. Bill Friedman, Gary Glover, and Norbert Pelc has been 
especially valued. Drs. John Huston III, Paul McGough, Patrick Turski, and 
many others have patiently taught me some of the clinical aspects of MRI. 
Larry Ploetz introduced me to the subtleties of pulse sequence programming. 
I am also indebted to my colleagues on the clinical MRI Physics team at the 
Mayo Clinic in Rochester, including Drs. Joel Felmlee, Chen Lin, and Kiaran 
McGee, as well as Diana Lanners and Renee Jonsgaard. Of course without the 
patience and support of my wife Rhoda Lichy, my contribution to this book 
would not have been possible. 

KFK: Thanks to Paul Moran for introducing me to medical imaging and 
teaching me about magnetic resonance. Richard Kinsinger gave me career 
opportunities for which I will always be very grateful. The work of Gary 
Glover and Norbert Pelc has provided a standard by which I measure all of my 
own work. Thanks to the many colleagues at GE with whom I have had the 
privilege and pleasure to work. You have instructed, challenged, and inspired 
me. Special thanks to Carl Crawford, Alex Ganin, and Lisa Angelos. Without 
your collaboration, the work would not have been nearly as much fun. 

XJZ: I would like to thank Professor Paul C. Lauterbur who introduced me 
to the field of MRI, shared his remarkable insight into MRI physics, and encour- 
aged the idea of writing this book. I would also like to thank Drs. G. Allen John- 
son, Keith R. Thulborn, and Richard E. Kinsinger who guided me, in various 
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stages of my career, to acquire knowledge of pulse sequence design. My grat- 
itude is owed to Drs. Norman E. Leeds, Edward F. Jackson, Haesun Choi, and 
Srikanth Mahankali for teaching me a great deal on the clinical aspects of MRI. 
Many colleagues, friends, and students also helped me in developing the mater- 
ials that are included in the book. In particular, I am indebted to Dr. Fernando E. 
Boada, Gary P. Cofer, Dr. John D. Hazle, Dr. Christof Karmonik, Dr. Zhi-Pei 
Liang, Dr. James R. MacFall, Joseph K. Maier, Dr. Graeme C. McKinnon, 
Dr. Bryan J. Mock, Dr. Douglas C. Noll, Aziz H. Poonawalla, H. Glenn 
Reynolds, Dr. Gary X. Shen, Dr. R. Jason Stafford, Dr. S. Lalith Talagala, 
Dr. Qing-San Xiang, and Dr. Yihong Yang. Finally, my appreciation goes to 
Sherry Xia Yao who spent countless evenings and weekends taking care of our 
infant son during the period when the book was written. 

The development of MRI pulse sequences over the last 30 years has been 
truly exciting. The process of writing this book has only enhanced our appreci- 
ation of the dedicated scientists, engineers, and clinicians who have advanced 
MRI into the essential tool that it has become. We hope you will enjoy this 
book, and find it to be a useful reference for continuing the advancement of 
this great field. 

Matt A. Bernstein 

Rochester, Minnesota 

mbernstein @ mayo.edu 

Kevin F. King 

Waukesha, Wisconsin 

kevin.f.king@med.ge.com 

Xiaohong Joe Zhou 

Chicago, Illinois 

xjzhou@uic.edu 

May 2004 



Background 3 

Introduction 

Part I of this book contains selected background information that is used in 
many sections throughout the book. Chapter 1 (the only chapter in Part I) 
describes two mathematical tools that are universally used to analyze mag- 
netic resonance imaging (MRI): the Fourier transform (Section 1.1), and the 
rotating reference frame (Section 1.2). Although neither of these tools is a 
pulse sequence (or pulse sequence element) itself, they are both described 
in considerable detail to establish the notation and conventions that are used 
throughout the book. A more extensive discussion of Fourier transform can be 
found in Bracewell (1978). A more thorough introduction to the rotating refer- 
ence frame and other magnetic resonance (MR) physics concepts is contained 
in many references, for example, Slichter (1989). 

Other mathematical tools (e.g., rotation matrices) used in specific applic- 
ations are described in their own individual sections (e.g., Section 2.3), as 
needed. For additional general mathematical tools used in this book, the reader 
is encouraged to consult a mathematics handbook such as Arfken and Weber 
(2001). 

Selected References 

Arfken, G. B., and Weber, H. J. 2001. Mathematical methods for physicists. 5th ed. San Diego: 

Academic Press. 
Bracewell, R. N. 1978. The Fourier transform and its applications. New York: McGraw-Hill. 
Slichter, C. P. 1989. The principles of magnetic resonance. 3rded. Berlin: Springer- Verlag. 
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1.1 Fourier Transforms 

The Fourier transform (FT) is a mathematical operation that yields the spectral 
content of a signal (Bracewell 1978). It is named after the French math- 
ematician Jean Baptiste Joseph Fourier (1768-1830). If a signal consists of 
oscillation at a single frequency (e.g., 163 Hz), then its FT will contain a peak 
at that frequency (Figure 1 . 1 a). If the signal contains a superposition of tones at 
multiple frequencies, the FT operation essentially provides a histogram of that 
spectral content (Figure 1.1b). For example, consider the following physical 
analogy. Suppose several keys on a piano are struck simultaneously and the 
resultant sounds are sampled and digitized. The FT of that signal will provide 
information about which keys were struck and with what force. 

Fourier transforms are ubiquitous in the practical reconstruction of MR 
data and also in the theoretical analysis of MR processes. This is because the 
physical evolution of the transverse magnetization is described very naturally 
by the FT. In Magnetic Resonance Imaging (MRI), we usually use complex 
Fourier transforms, which employ the complex exponential, rather than separ- 
ate sine or cosine Fourier transforms. This choice is made because a complex 
exponential conveniently represents the precession of the magnetization vec- 
tor. Table 1.1 reviews some basic properties of the complex exponential. Often 
a magnitude operation (i.e., \Z\) is used on a pixel-by-pixel basis to con- 
vert the complex output of the FT to positive real numbers that can be more 
conveniently displayed as pixel intensities. 
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FIGURE 1 . 1 Schematic representations of the Fourier transform, (a) If a time domain 
signal contains a tone at a single frequency, its Fourier transform will contain a peak at 
that frequency, which in this case is 163 Hz. (b) If the signal contains a superposition 
of two tones, the Fourier transform displays a second peak. In the case shown, a 15-Hz 
tone with approximately one-quarter the amplitude is modulating the original tone. 
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When we are provided with a function of a continuous variable, its FT is 
calculated by a process that includes integration. This continuous FT is widely 
used for theoretical work in MRI. The actual MRI signal that is measured, 
however, is sampled at a finite number of discrete time points, so instead a dis- 
crete Fourier transform (DVT) is used for practical image reconstruction. With 
the DFT, the integration operation of the FT is replaced by a finite summa- 
tion. An important special case of the DFT is called the fast Fourier transform 
(FFT) (Cooley and Tukey 1965; Brigham 1988). The FFT is an algorithm that 
calculates the DFT of signals whose lengths are particular values (most typi- 
cally equal to a power of 2, e.g., 256 = 2 8 ). As its name implies, the FFT is 
computationally faster than the standard DFT. 

1.1.1 The Continuous Fourier Transform 
and Its Inverse 

Let g(x) be a function of the real variable x. The output of the function g(x) 
can have complex values. The complex Fourier transform of g(x) is another 
function, which we call G(k): 



FT[g(x)] = G(k)= / g(x)e 
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The two real variables x and k are known as Fourier conjugates and represent 
a pair of FT domains. Examples of domain pairs commonly used in MR are 
(time, frequency) and (distance, k-space). If the physical units of the pair of 
variables that represent the two domains are multiplied together, the result is 
always dimensionless. For example, with the time-frequency pair, the product: 

1 millisecond x 1 kHz = 1 (dimensionless) (1.2) 

The two functions g(x) and G(k) in Eq. (1.1) are called Fourier transform 
pairs. Knowledge about one of the pair is sufficient to reconstruct the other. If 
G(k) is known, then g(x) can be recovered by performing an inverse Fourier 
transform (IFT): 



FT- 1 [G(k)] = g{x) = J G{k) e +2 * ikx dk (1.3) 

The IFT undoes the effect of the FT, that is: 

FT- ] [FT[g(x)]] = g(x) (1.4) 

and vice versa: 

FTJFT-'fGW]]^^) (1.5) 

Note that the right sides of Eqs. (1.4) and (1.5) are simply g(x) and G(k), 
respectively, and are not multiplied by any scaling factors. This is because the 
IFT definition in Eq. (1.3) is properly normalized. A further discussion of the 
normalization is given in subsection 1.1.10. 

Note the factor of 2n that appears in the argument of the exponentials 
in Eqs. (1.1) and (1.3). If instead domain variables such as time and angular 
frequency (<w, measured in radians/second) are used, then the form of the FT 
appears somewhat differently. The FT and its inverse become: 



G <') = 2^ / 8(<0)e~ ia *dco 



■■ I G(t)e ia "dt 



Note the absence of the lit factor in the exponential in Eq. (1.6) and the extra 
multiplicative normalization factor in front of the FT. Equation (1.6) could be 
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recast into a more symmetric form by splitting the 2n into equal y/(2iz) factors 
in the denominators of both the FT and IFT definitions. Alternatively, we can 
recast Eq. (1.6) by making the familiar substitution from angular frequency co 
to standard frequency / (measured in cycles/second or hertz): 

co = 2tij do} = 2ndf (1.7) 

Substituting Eq. ( 1 .7) into Eq. ( 1 .6) yields the symmetric FT pairs 

+ 0O 

G(t)= j gifte-Wdf (1.8) 

and 

g(f)= J G(t)e 2 ^'dt (1.9) 

In this book, we mainly use the form of the FT and IFT with the factor of In 
in the exponential, such as Eqs. (1.1) and (1.8). 

1.1.2 Multidimensional Fourier Transforms, 
and Separability 

Multidimensional FTs often arise in MRI. For example, the two-dimensional 
FT (2D-FT) of a function of two variables can be defined as: 

+ OC+OC 

FT[#(x, y)} = G{k x , k y ) = f f g(*. v) e-^'^e-^^dx dy 

+ OC+OC 

= f f g(x,y)e^ 27Tik ' r dxdy (1.10) 

where r = (x, y) and k = (k x , k y ) are vectors. The inverse 2D-FT is given by: 

+OO+OC 

VT~ l [G(k x ,k y )] = g(x,y)= I I G(k x ,ky)e +2nih7 dk x dk y (1.11) 
Eqs. (1.10) and (1.11) are readily generalized to three or more dimensions. 
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If the function g is separable in x and >•: 

g{x,y) = g x (x)g y (y) (1.12) 

then the FT is also separable: 

FT[g(x, y)] = FT[gAx)g y (y)] = G x (k x ) G y (k y ) (1.13) 

An example of a separable two-dimensional function is the Gaussian: 



(1.14) 

In contrast, 

(x + y) 2 =x 2 + y 2 + 2xy (1.15) 

is not separable. 

1.1.3 Properties of the Fourier Transform 

An important property of the FT is the shift theorem. A shift or offset of the 
coordinate in one domain results in a multiplication of the signal by a linear 
phase ramp in the other domain, and vice versa: 

FT[g(x+a)] = f g{x)e~ 2 " ik(x+a) dx = G(k) e - 2n,ka (1.16) 

>f 

>ic 
la 

f{x)®g(x)= I f(x-x')g(x')dx' (1.17) 



A second useful property of the FT is that convolution in one domain is equi- 
valent to simple multiplication in the other. If f(x) and g(x) are two functions, 
then convolution is defined as: 



and 

VT[f(x)®g(x)] = F(k)G(k) (1.18) 

Parseval's theorem (named after Marc-Antoine Parseval des Chesnes, 1755- 
1 836, a French mathematician) is a third commonly used property of the FT. 
It states that if / and g are two functions with Fourier transforms F and G, 
respectively, then 



, = )>« 



(1.19) 
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where * denotes complex conjugation. Letting g — f in Eq. (1.19) results 
in a useful special case, which shows that the FT operation conserves 
normalization: 

+00 +oo 

f \f(x)\ 2 dx = j \F{k)\ 2 dk (1.20) 

Table 1.2 provides several 1D-FT pairs that are commonly used in MRI. 
These relationships can be applied to multidimensional FTs if the variables 
are separable. 



1 . 1 .4 The Discrete Fourier Transform 
and Its Inverse 

In MRI, the sampling process provides a finite number (e.g., 256) of complex 
data points, rather than a function of a continuous variable. Consequently, the 
MR image is normally reconstructed with a DFT. Given a string of N complex 
data points: 

{d} = {do,dud 2 ,...,d N -x} (1.21) 

the 7th element of DFT is defined as: 

N-\ 

DFT[{d}]j = Dj=J2 d K e ^ m ^ 7 =0,1,2, ...,7V- 1 (1.22) 

K=0 

Note that the index J — represents the DC, or zero-frequency element, of the 
DFT (DC is adopted from the abbreviation for direct current used in electrical 
engineering). The exponential factor in Eq. ( 1 .22) is sometimes called a twiddle 
factor. The Kth element of the inverse DFT (IDFT) is defined as 



The factor of 1//V in Eq. (1.23) is required for normalization, so that 

DFr-'[DFT[{d}]] = {rfJ (i24) 

DFT[DFT _, [{D}]] = {D} 

In analogy to the manipulation of the 2:rr -normalization factor of the complex 
FT described for Eqs. (1 .6)— (1.9), the normalization factor of 1//V in Eq. (1 .23) 
can be moved from the IDFT to the DFT. Alternatively, it is sometimes sym- 
metrically distributed as equal 1/V/V factors on both the DFT and IDFT. It is 
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Table 1.2 
Fourier Transform Pairs Commonly Used in Magnetic Resonance Imaging 



g(x) 






FT[g(x)] = G(k) 


g(x)e 27zik ° x 




G(k- k ) 


g(x- xo) 




G(k)e -2niki 


«(:) 




\a\G(ak) 


g(-x) 




G(-k) 


dg(x) 
dx 




2rrikG(k) 


g*(x) 




G*(-k) 


xg(x) 
af(x)+bg(x) 




i dG(k) 
2^ dk 
aF(k) + bG(k) 


f(x)®g(x) 




F(k)G(k) 




if 


x#0 




«(*) = 


7'* 


)dx = 


1 


1 




S(k) 


e 2nik . 






S(k-ko) 



- f g(x)e- 2 *' k - 



COS(27Tk(,X) 

sin(2nkox) 

COS 2 (27Tk x) 

sm 2 (2nkox) 
cos 3 (27ik Q x) 
sm 3 (27tk x) 



-[8(k - * ) + S(k + k )] 

-[&(k - ko) - 8(k + ko)] 

2i 

1 r 8{k-2ko) + 8{k + 2k )^ 

2[ m+ 2 J 

I r., n S(k-2ko) + S(k + 2ko)l 
2[ m 2 J 

i[3(S(* -k ) + 8(k + ko)) +8{k- 3fc ) + 8(k + 3*o)] 

^[3(8(k - k ) - 8(k + k )) - 8(k - 3*o) + S(k + 3* )] 
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Table 1.2 

Continued 



00 1 °° / m\ 

R S(x ~ nxo) *J?Jr-*) 

" W ={° !^<0 ^[^«-i Principle part (I)] 

(-) = (! ^"I-" 2x SINC(«), SINC(„).^, «=2^o 
\x J [0 if |jc[ > jco " 



RECTI 

e~* 2 / 2 ° 2 aV2^e~ 2 * 2 ' 



X 2 + (Ink) 2 ' 

l — , ReX>0 



best to check the documentation of the particular numerical routines that you 
use. The 1/JV normalization factor is required (somewhere) for Eq. (1.24) to 
hold, because: 



E« 



J = J' 

otherwise 



Although the DFT is typically evaluated numerically, it does have some useful 
analytical properties, which are summarized in Table 1.3. 



1.1.5 Identifying Physical Units with the Discrete 
Fourier Transform Output 

In the complex Fourier transform of Eq. (1.1), it is easy to identify physical 
units with x (e.g., cm) and k (e.g., cm" ' ). With the DFT of Eq. ( 1 .22), however, 
J and K are simply dimensionless integer indices. When we perform a DFT 
on a signal that has physical meaning, such as MRI data, how do we associate 
physical units with the string of numbers that is the output of the computer? 
Consider a one-dimensional MR signal S(k), which can be reconstructed with 
anIFT: 

I(x)= f S(k)e +2lzikx dk (1.26) 
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Table 1.3 
Discrete Fourier Transform Pairs 


d K 

ad K + bc K 


DFT[{d}]j = Dj = J^ dKe 1 ^ 
aDj+ bCj 


d K e-^ 


D J+a 


d K -a 


Dje- 2 ^ 



(-\) K d K Dj. 



d K ±N Dj 

dN-\~K D-je~N~ 



In order to see how Eq. (1.26) relates to the DFT, first approximate the 
continuous variables x and k with their discrete representations: 

xj = JAx 

(1.27) 
ku = MAk 

Approximating the integral by a discrete summation and substituting Eq. ( 1 .27) 
intoEq. (1.26) yields: 



J2 S(k M )e 



+2itiJM(AkAx) 



where the constant C is determined by the normalization conditions; that is, it 
is equivalent to a factor of A& that converts the integral to a sum. The important 
point is, comparing the exponentials in Eqs. (1.23) and (1.28), we conclude 
that: 

AjcAA: = — (1.29) 

yv 

Equation (1.29) provides the link between the step sizes of the input and 
output of the DFT operation and the number of complex points in the data 
string. It is a very useful relationship for MRI. For example, it tells us that the 
product of the pixel size and the step size in k-space is equal to the inverse of 
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the number of sampled points. Equation (1.29) can be rearranged as: 

NAIc = — (1.30) 

Ax 

which says that the total extent in k-space is equal to the inverse of the spatial 
pixel size. Similarly, the field of view is the inverse of the step size in k-space. 

Example 1.1 Suppose 256 complex points are sampled for a total duration of 
8. 1 92 ms. An image is reconstructed with a 256-point DFT. Find the bandwidth, 
and express it in two common forms: bandwidth per pixel Av pp and the half- 
bandwidth ±Av. 

Answer Applying Eq. ( 1 .30) with the time-frequency domain pairs, the total 
bandwidth is: 

Thus Au = ±15.625 kHz. The bandwidth in units of hertz per pixel is: 
1 



NAt 8.192 ms 



= 122 Hz/pixel 



1.1.6 Properties of the Discrete Fourier Transform 

Like the continuous FT, the DFT obeys a shift theorem as well. Similar to 
Eq. (1.16), multiplying the data by a linearly increasing phase ramp results in 
the shift: 

D J+a = £ d K e^^ = £ (d K e^) e^ (1.32) 

k=o a:=o 

A common case is called the half field of view or Nyquist shift (named after 
Harry Nyquist, 1889-1976, a Swedish-born American engineer). Setting a = 
A72,Eq. (1.32) becomes: 

N-\ N-\ 

D J + f = E {dKe-^e^^ = £ [<*Ar<-l)*>T (1.33) 

K=0 K=0 

The Nyquist shift is used when we want the DC component of the DFT to 
be centered, instead of occurring at the zeroth point. Because this is typically 
the case in MR images, the two-dimensional raw data are multiplied by a 
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Pixel# 12 3 4 5 6 7 











• 














One-half pixel shift 





Center of image 

FIGURE 1 .2 Demonstration of the one-half pixel shift that arises with the discrete 
FT. Here the DFT length is N = 8. The zero frequency, or DC, component of the DFT 
occupies the zeroth pixel, whose center is indicated with a dot. After a Nyquist shift, 
the DC signal occupies the fourth pixel. The center of the fourth pixel is shifted by 
one-half pixel compared to the image center. 

checkerboard [1,-1] pattern before reconstruction (see Section 13.1). Note 
that if A 7 is an even integer and the (— 1)* multiplier is used to center the DFT 
response, then the DC component will not be exactly centered but, rather, 
offset by one-half pixel. Figure 1.2 illustrates using an example with N = 8. 
The shift constant a in Eq. (1.32) need not necessarily be an integer, so shifts 
by fractions of a pixel can be accomplished with the appropriate linear phase 
ramp. This is sometimes used to correct the one-half pixel offset. 

1.1.7 Multidimensional Discrete Fourier Transforms 
The two-dimensional DFT can be defined as: 

M-lN-l 



djh — 2_, 2_! dKLt 



KL.e 
L=0 K =0 



(1.34) 

Three-dimensional (and higher) DFTs are defined analogously to Eq. (1.34). 
Note that the data input for the 2D-DFT is a rectilinear N x M matrix of 
complex numbers, dm. Because this matrix can be rearranged either as series 
of rows or columns, 2D-DFTs can be evaluated by performing either the row 
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or column 1D-DFT first. Similarly, 3D (or higher dimensionality) DFTs can 
be evaluated by performing the lD-DFTs in any order. This is a very useful 
property for partial Fourier reconstructions (Section 1 3 .4), where it is necessary 
to perform the reconstruction along the partial Fourier direction last. 

1.1.8 Discreteness and Periodicity 

If the signal in one domain consists of discretely sampled points, then the 
FT (or IFT) in the other domain is periodic. In MRI, the signal is discretely 
sampled, so the image is periodic or consists of replicates that can lead to 
aliasing artifacts. (This is discussed in more detail in Section 11.1.) 

To understand how this property of periodicity arises, consider the con- 
tinuous signal S(t), -oo < t < oo. In practice, the signal will be sampled 
over a finite time interval, -T < t < T. To represent the finite sampling inter- 
val, first we multiply the signal S{t) by a rectangle (RECT) function, which is 
defined in Table 1.2 and which is zero for [f | > T. Next, the discreteness of 
the sampling process can be mathematically represented by multiplication by 
a sampling comb, which consists of a series of Dirac deltas (further described 
in Section 1 . 1 . 10). If the samples are separated in time by At, then the sampled 
signal becomes: 

S'(f) = S(0RECT(- j ]T 8(t-nAt) (1.35) 

According to the convolution theorem, the FT of product in Eq. ( 1 .35) is the 
convolution of the FTs of the three factors. From Table 1 .2, the FT of the RECT 
function is a sine x over x, or SINC function. Convolution with this factor gives 
rise to the shape of the point-spread function. The FT of the sampling comb 
is another series of deltas, this time spaced by I /At. Convolution with this 
comb gives rise to the periodic nature of the image. In order to avoid aliasing, 
the replicates must not overlap. This is accomplished by satisfying the Nyquist 
criterion — that is, the sampling rate 1/Af must be at least twice the highest 
frequency contained in the signal. (These properties are further discussed in 
Section 11.1 on bandwidth and sampling.) 

1.1.9 The Fast Fourier Transform 

A modern MRI scanner must perform a large number of DFTs to reconstruct 
an image. Computational speed is an important issue. Consider the DFT from 
Eq.(1.22) 

JV— i 
Dj = ^2d K W^ K , 7 = 0,1,2 AA- 1 (1.36) 
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where we have abbreviated the twiddle factor 

W N = e^ (1.37) 

If the twiddle factors are precalculated and stored in a table of complex 
numbers, then it takes approximately N 2 complex multiplications to evalu- 
ate Eq. (1.36) for all values of J. The FFT algorithm reduces the number of 
operations and thereby increases the computational efficiency. 

If N is even, then the signal can be split into two subsignals: its even- 
indexed elements and its odd-indexed elements. It can be shown that the DFT 
can be expressed as a linear combination of two half-length DFTs of the even- 
and odd-indexed signals. The total number of complex multiplications is then 
approximately 2(N/2) 2 = N 2 /2. If N is a power of 2 (1, 2, 4, 8, 16, 32, . . .), 
then this process can be continued recursively all the way down to single-point 
DFTs. When the sub-FFTs are finally reassembled, the number of complex 
multiplications is on the order of N log 2 N. For N = 512 = 2 9 , this increases 
the speed by a factor of approximately 512/9 % 57, which is very substantial. 
Clinical high-resolution MRI would not be feasible without the invention of 
the FFT. 

Although 2 is by far the most common base, or radix, for the length 
of the FFT, some computational speed can be gained whenever N is not a 
prime number. Because of the wide availability and maximal computational 
efficiency of the radix-2 FFT, however, signals of arbitrary length are often 
extended to the next power of 2 by using zero filling (see Section 13. 1 .2) prior 
to reconstruction. 



1.1.10 The Dirac Delta and Normalization of the Fourier 
Transform 

This section describes the Dirac delta function (named after Paul Adrien 
Maurice Dirac, 1902-1984, an English physicist and mathematician) and the 
normalization of the continuous FT. Those who are not interested in these 
mathematical properties can skip to the next section. 

The Dirac delta function (Dirac 1957, 58-61) (or perhaps more properly 
the Dirac delta distribution) is zero everywhere except at the origin, yet has 
unit area: 

if;t^0 

(1.38) 



8(x) = 



f 8{x)dx = 



Thus, the 8(x) must not be finite at the origin. The Dirac delta has the prop- 
erty of picking out a single value of a function under multiplication and 
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integration: 



f S(x-x')f(x)dx = f(x') 



(1-39) 



The normalization of continuous FTs, for example, Eqs. (1.1), (1.3), and 
(1.4), requires that: 



g(x)= j e 2 *' kx j e- 2 *' kx 'g(x')dx 
By rearranging Eq. (1 .40): 

g(x)=j g(x')dx' j e 2 * ik(x -^c 



and comparing this with Eq. ( 1 .39), we conclude that the contents of the square 
brackets in Eq. (1.41) must be a representation of the Dirac delta: 



S(x-x')= t e 2nik{x - x,) dk (1. 

or, substituting (x — x') = a, and Ink = u: 

+ CC 

8(a) = — / e' au du (1. 

In J 

To show that Eq. (1 .43) is true, it is useful to first state the result: 

/sinw 

which can be demonstrated either with contour or numerical integration. 
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Then consider: 

-oo Vg / -oo 

_ JfM™!*,*. (1.45) 

Letting u = ag, Eq. (1.45) becomes: 

2 + ff^y-^ d u (1.46) 

Letting g -> oo and using the result from Eq. (1.44): 

2 Jf Q ^ ^ - 2/(0) /^ du = 2*/(0) (1.47) 

Combining Eqs. (1.45) and (1.47): 

I da = 2tt/(0) 



+CO / +oo 



Thus, the integral of the complex exponential is a Dirac delta function. Spe- 
cifically, Eq. ( 1 .43) is verified, and the continuous FT and IFT pair of Eqs. (1.1) 
and (1.3) is properly normalized. 
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1 .2 Rotating Reference Frame 

The description of many physical quantities and processes requires a coordinate 
system, or reference frame. Depending on the choice of reference frame, the 
description of a physical process can be drastically different. For example, 
suppose a bicyclist is traveling east as viewed from a building's window. The 
same bicyclist will appear to be going west when viewed from a car traveling 
east at a higher speed. In this example, the building and the car are two different 
reference frames. They give entirely different descriptions of the same physical 
process. 

Two reference frames, the laboratory reference frame and the rotating 
reference frame, are often employed to describe MRI phenomena. The labora- 
tory reference frame is defined with respect to the scanner or the magnet. 
By convention, when discussing the rotating frame, the Bo-field direction is 
always chosen to be the z axis (also known as the longitudinal axis). (This is 
somewhat different from the definition of logical gradient axes in Section 7.3, 
in which z axis may or may not correspond to the Bo-field direction.) The x and 
y axes in the laboratory reference frame are selected as a pair of orthogonal 
vectors in a plane normal to the Bo-field (denoted by x' and / in Figure 1.3a). 
In a horizontal magnet with a cylindrical bore, the v axis is usually chosen 
to be from floor to ceiling (or from down to up). When the z axis is pointing 
toward the viewer, the x axis is selected to be from left to right. These three 
axes conform to the right-hand rule, which states that if the fingers of the right 
hand are curled from the positive x axis to the positive y axis, the thumb points 
along the positive z axis. Such a coordinate system is called a right-handed 
Cartesian coordinate system, and the plane defined by the x and y axes is 
known as the transverse plane. 



A 



FIGURE 1 .3 (a) The laboratory reference frame and (b) a rotating reference frame. 
These frames are related by a rotation about the z axis with an angular frequency a>o- 
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FIGURE 1 .4 Spin precession as viewed from (a) the laboratory reference frame and 
(b) a rotating reference frame. The rotating reference frame slows down the preces- 
sion. When the angular frequency of the rotating reference frame is equal to the spin 
precession frequency, the rotational motion of the spin is frozen. (Note that the angular 
frequency vector co follows the right-hand rule in the convention that we use.) 

When the transverse plane of the laboratory reference frame rotates about 
the z axis with a nonzero angular frequency u>q (Figure 1.3b), a rotating refer- 
ence frame results. Although coq is usually a constant, it does not have to be. 

The rotating reference frame greatly simplifies the description of many 
MRI phenomena. For example, in the laboratory reference frame, spins will 
precess about the magnetic field with their Larmor frequency co (Figure 1.4a, 
named after Joseph Larmor, 1857-1942, an Irish physicist). In the reference 
frame rotating with the Larmor frequency, the precession of the spins appears 
stopped (Figure 1 .4b). Using the rotating frame is analogous to stepping onto a 
moving merry-go-round. From that reference frame, the rotation of the carou- 
sel also appears stopped. A mathematical description of this simplification is 
given in subsection 1.2.2. The concept of the rotating frame is widely used 
in analyzing and describing the precession and nutation of magnetization, the 
radiofrequency (RF) magnetic field (i.e., B\ field), and, in particular, the inter- 
action between spin systems and magnetic fields. Many examples can be found 
throughout this book (e.g., in Sections 3.1, 3.3, and 6.3). 



1.2.1 Mathematical Description 

Let x' , y', and z' denote the three Cartesian axes in the laboratory reference 
frame, and x, y, and -z denote the three axes in the corresponding rotat- 
ing reference frame. Consider a time-dependent vector p(t) whose three 
components in the laboratory reference frame are p x >(t), p y >(t), and p z >(t), 
respectively: 

Pit) = pAOx' + P/(t)y + /v(')z' ' (1-49) 
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(Recall that the symbol A denotes a unit vector.) The same vector can also be 
expressed in the rotating reference frame: 

p(t) = Px (t)x + Py (t)y + Pz (t)z (1.50) 

Because the reference frame rotates about the z axis, it can be readily seen 
that: 

z' = z (1.51) 

The two sets of transverse axes are related to one another by a rotation: 

x = x cos(<woO — y sin(o>oO (1-52) 

y = x'sin(ftJo?) + y'cos(<woO (1.53) 

where coq is the angular frequency of the rotating frame. 

In light of Eqs. (1.51-1.53), the three components of p(t) in the rotating 
frame are related to their laboratory-frame counterparts by: 



cos (OQt — sin coot 

sin coot cos coot 

1 



= 3tp' 



(1.54) 



where 9t is a rotation matrix. If the components in the rotating reference frame 
are known, the components in the laboratory frame can be determined from: 







COS 0)()t 


sin coot 


o" 


y' 


- 


— sin coot 



COS COQt 





1 



= m~ i p = m 1 p (i.55) 



where the inverse of the rotation matrix 3t -1 equals its transpose 3r . 

A useful relation between the rates of change of a vector in the two ref- 
erence frames can be derived (Slichter 1989) by taking the time derivative of 
Eq.(1.49): 



(dp(t)\ = (dp(t)\ 
\ dt ) Ub \ dt ) m 



h Q x p(t) 



Q = 



(1.56) 



(1.57) 



where, subscripts lab and rot represent laboratory and rotating reference 
frames, respectively, and Q is a rotational angular velocity vector. For 
a clockwise-rotating reference frame (as viewed from the positive z axis), Q 
points to the negative z axis as indicated in Eq. (1.57) and Figure 1.4. (Q fol- 
lows a right-hand rule: If the fingers of the right hand curl in the direction 
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of the rotation of the rotating frame, then the thumb points along fi.) The 
relationships given by Eqs. (1.54) and (1.56) are often used to simplify the 
descriptions of MRI phenomena, some of which are detailed in the following 
subsection. 

1.2.2 SiMPLifiCATiONs Provided by the Rotating Frame 

Description of Spin Precession Consider a group of spins precessing 
with the same phase in a static magnetic field Bq. The net magnetization of 
the spins, M, will precess about the magnetic field direction (i.e., the z axis) 
with a Larmor frequency co — y Bo (where y is the gyromagnetic ratio). In 
the laboratory reference frame, this rotational motion can be mathematically 
described by: 



{dM\ 



\ dt h 

ind i 

*7i 



= M x (coz) 



According to Eqs. (1.56) and (1.57), the rate of change of M i; 
reference frame is: 



(1.58) 



Q x M = (co — coq)M x z 



(Note that we have used Q x M = -M x Q to derive Eq. (1.59).) If we 
choose the angular frequency of the rotating frame to be equal to the Larmor 
frequency (i.e., coo = co), then the magnetization becomes a stationary vector, 
that is, (dM/dt) TOt = 0. This example illustrates how the rotating reference 
frame simplifies the description of spin precession. 



Radiofrequency Magnetic Field In order to produce transverse magnet- 
ization that generates the MRI signal, a component of the RF magnetic field 
must be in the transverse plane. Suppose that the RF magnetic field B\ (t) 
is initially applied along the x axis and has a frequency of o>rf (also known 
as the carrier frequency). In the laboratory frame, a circularly polarized, or 
quadrature, B\ field can be expressed as: 

B\(t) = x' B\(t) coswrf? - y' B\(t) sincurf/ (1.60) 

Using Eq. (1.54), we can readily transform this B\ field to the rotating frame: 



Bi, x (t) 




COS 0)Qt 


— sin coot 




B\(t) cos cotft 


Bl,y(t) 


= 


sin cDQt 


COS COQt 




-Bi(t) sin corft 


Bi, z (t) 


rot 





1 








1.2 Rotating Reference Frame 



If we set the rotating frame angular frequency coo to be equal to the c 
frequency co^, Eq. (1.61) then becomes: 



Bi,At) 




Bi(0 


Bl,y(0 


= 





Bi, z (t) 


rot 






Clearly, the rotating frame has demodulated the RF oscillation and transformed 
the rapidly oscillating RF field into a much simpler form — the time-dependent 
envelope B\(t). This simplification is widely used in analyzing RF pulses 
throughout Part II of this book (see examples in Sections 3.1, 6.1, and 6.3). 

Two-Dimensional Vectors and Their Complex Representation Often two- 
dimensional vectors given by Eq. (1.63) are used to describe quantities in the 
transverse plane, such as the B\ field or the magnetization. A two-dimensional 
vector precessing with an angular frequency co can be expressed as: 

Pit) = PxiO + p y (t) 

= x p(t) cos cot — y p(t) sin cot (1.63) 

If the following identifications are made: 



i& 1, 



y&i 



-1 



then the two-dimensional vector p(t) in Eq. (1.63) is equivalent to a complex 
variable p c (t) given by: 



p c (t) = p(t) cos cot - ip(t)sincot = p(t)e 



(1.65) 



Equation (1.65) is called the complex representation of the two-dimensional 
vector p. This representation is particularly convenient to work with because of 
properties of the complex exponential. For example, a straightforward multi- 
plication can translate a vector from the laboratory frame to the rotating frame: 



[p(Oe~ ,a *]iot = p(t)e- lo "e llO0t = p(t)e 



'-coo)t 



(1.66) 



We can use this relationship to rederive the results in the earlier part of 
subsection 1.2.2 with a greater simplicity. 

The complex representation is a natural way to describe the precess- 
ing transverse magnetization. The MRI signals induced by the precessing 
transverse magnetization are also often expressed in the complex form 
and simplified using Eq. (1.66). An example is provided in the following 
subsection. 
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The Block Equations The Bloch equations (1.67), named after Felix 
Bloch 1905-1983, a Swiss born American physicist, relate the time evolution 
of magnetization to the external magnetic fields, the relaxation times (T\ and 
T2), the molecular self-diffusion coefficient (D), and other parameters (Slichter 
1989; Torrey 1956). 

d ™ 

• = yM > 

dt j 2 ' 1 

If we apply a static Bo field and the RF B\ field given by Eq. (1.60) to a spin 
system, then the overall magnetic field becomes: 

B = x Bi(r)cos<yrf/ - y B 1 (/)sina» lf f + zBq (1.68) 

Let us ignore the relaxation and diffusion processes for now. Then, Eq. (1.67) 
reduces to: 

dM 

—- = yM x (x Bi(t) cos a^t - y B,(/) sin co ri t + Z B ) (1.69) 

dt 

Next, we convert Eq. (1 .69) from the laboratory reference frame into a rotating 
reference frame. Applying Eq. (1.56) to Eq. (1.69), we obtain: 

(dM\ (dM\ - ~ L 

l7r) = \~dF) -^xM = yMx [xBi(t) cos co d t 

-yBi(t)smco I ft + zB + — ] (1.70) 

This conversion, however, is not yet complete because the B\ field is still in 
the laboratory frame. The components of the B\ field in the rotating frame can 
be obtained from Eq. (1.61): 

c>rot (f) = Bi(t)(cos coot cos a>r[t + smwotsma> r ft) = B\(t) cos(&>o — co^t 
/,mt(t) = B\(t)(sin coot cos corft - cosa>ot sin (Drft) = B\ (?) sin(wo — &)rf )t 

..n*(0 = 

(1.71) 

Incorporating the B\ field of Eq. (1.71) into Eq. ( 1 .70) and explicitly expressing 
Q using Eq. (1.57), the rotating reference frame Bloch equation is derived: 

1^7} =YMx\Bi(t)(x cos( Wrf - ft>o)? - y sin(o) rf - <y )0 + z ( B - — ) 1 
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The magnetic field in the square brackets is known as the effective field, fi e ff : 

fieff = Bi(t)(x cos(&> rf - co )t - y sinCwrf - a>o)?) + z ( So - — J (1-73) 

In the rotating reference frame, the magnetization always precesses about 
fi e ff • A special scenario occurs at resonance (i.e., (0 = 0)^ = coo), where 
the effective field reduces to xB\(t) and the magnetization precesses about 
the applied B\ field, as if there were no static magnetic field Bq present. The 
concept of effective field is frequently used to describe the interactions between 
RF pulses and the spin systems (see, for example, Sections 6.1 and 6.2). 

Equation (1.72) can be equivalently expressed as three scalar equations 
after explicitly carrying out the vector cross product: 

\-^f) =yM y (B -—J+yM z Bi(t)sm(co r{ -co )t (1.74) 

(jlf) =-y M *( B ®-— \+YM z B { {t)cos{co ri - m )t (1.75) 

(dM z \ 

\~dTl = ~Y M x B{(t) Sm(oOr{ -(O )t - yM y B](t)COS(CL>rf - co )t 

(1.76) 

Let us define a complex quantity to represent the vector component of the 
magnetization in the transverse plane: 

M+ = M x +iM y (1.77) 

Using this complex quantity, we can derive Eq. ( 1 .78) by multiplying Eq. ( 1 .75) 
by / and adding the result to Eq. (1.74): 

, J , --iyM + (B -—)+iyM z B l (t)e- i(a >«- Mo)t (1.78) 
V dt /rot V Y J 

Equation (1.78) is particularly useful in solving for the transverse magnetiza- 
tion after an RF excitation pulse (see Section 3.1). 

Finally, let us consider two special cases. In the first case, we set the 
rotating frame frequency to be identical to the carrier frequency of the RF field 
(i.e., <wo = corf). Thus, Eq. (1.72) becomes: 



(dM + \ 






yM > 



?)] 
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This reference frame is sometimes referred to as the RF reference frame or 
B\ reference frame because the B\ field is stationary in this frame. Note that 
the B\ field lies along the x axis because we have chosen a specific initial 
condition for t = 0, as implied by Eq. (1.60). In general, the xB\ term can 
be replaced by (jt cos a + y sin a)B\ , where a is the angle between the initial 
B\ vector and the x axis. Equation (1.79) shows that in a rotating reference 
frame with coq = <Wrf, the B\ field is demodulated and the main magnetic 
field is effectively reduced by co-d/y- At resonance (i.e., &>rf = yBo), the z 
component of the effective magnetic field disappears and the magnetization 
will precess about the B\ field. 

In the second case, we can set the rotating frame frequency equal to the 
Larmor frequency (i.e., coq — co). Thus, Eq. (1.72) becomes: 



(£). 



= yM x [Bi(0(jccos(ft>rf - a>)t - ysin(w rf - co)t)] (1.80) 



This reference frame is known as the Larmor reference frame or Bq reference 
frame because the Bq field disappears in this reference frame. If we keep the RF 
field at a fixed frequency and sweep the Bq field (i.e., changing co), resonance 
can also occur when co = coo = corf. 
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Introduction 

Part II of this book describes radiofrequency (RF) pulses. Chapter 2 focuses on 
several commonly used RF pulse shapes including hard pulses (Section 2.1), 
SINC pulses (Section 2.2), and a family of tailored pulses generated with the 
Shinnar-Le Roux (SLR) algorithm (Section 2.3). The SLR section is more 
mathematically involved than many others in the book, and that section can 
be skipped unless the reader has a special interest in this topic. Some of the 
theoretical results from Section 2.3, however, have wider practical significance 
and reappear in other sections of Part II. For example, SLR analysis can be used 
to explain when and how an excitation pulse also can be used for refocusing. A 
discussion of variable-rate pulses (Section 2.4) completes Chapter 2. Variable 
rate is not a specific pulse shape but rather a method to modify the shape of 
any spatially selective RF pulse in order to reduce its RF power deposition. In 
addition to the basic pulse shapes covered in Chapter 2, other pulse shapes are 
used in MRI and several less commonly used pulse shapes are discussed in the 
other sections of the book (for example, a discussion of Gaussian and Fermi 
pulse shapes is provided in Section 4.2). 

Chapter 3 discusses three basic RF pulse functions: excitation 
(Section 3.1), inversion (Section 3.2), and refocusing (Section 3.3) of the 
magnetization. These sections describe nonadiabatic RF pulses; the adiabatic 
pulses performing these same three functions are the focus of Chapter 6. The 
slice profile and nonlinearity of the Bloch equations are explored in Section 3. 1 ; 
Section 3.3 introduces the formation of RF spin echoes. The relationship among 
the three RF pulse functions is explored in both Sections 3.2 and 3.3. All the 
sections in Chapter 3 examine the effect of spins being off-resonance on their 
respective functions. 

Spectrally selective RF pulses (i.e. , pulses that are played without a concur- 
rent slice-selection gradient and affect spins only within a specific frequency 
range) are discussed in Chapter 4. Composite pulses (Section 4.1) are more 
widely used in magnetic resonance (MR) spectroscopy, but have found appli- 
cation to imaging as well. Magnetization transfer pulses (Section 4.2) are 
mainly used in 3D time-of-flight MR angiography. A general discussion of 
spectrally selective pulses is given in Section 4.3, which includes a discussion 
of lipid suppression with spectrally selective excitation and saturation, widely 
used in imaging applications. 

Spatially selective RF pulses are the topic of Chapter 5. This chapter cov- 
ers a number of RF pulses that are played along with a gradient pulse to affect 
the magnetization in a spatially dependent fashion. The pulses included in this 
chapter are.multidimensional pulses (Section 5.1), ramp pulses, also known as 
tilted optimized non saturating excitation (TONE) pulses (Section 5.2); spatial 
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saturation pulses (Section 5.3); spatial-spectral pulses (Section 5.4); and spatial 
tagging pulses (Section 5.5). Multidimensional pulses are selective in more 
than one spatial direction. Ramp pulses intentionally yield a nonuniform spa- 
tial profile and are used for MR angiography. Spatial saturation pulses attenuate 
signal from specified regions and are widely used in imaging applications to 
suppress artifacts from aliasing, flow, and motion. Spatial-spectral (SPSP) 
pulses are simultaneously selective in one spatial and the spectral dimen- 
sion. (The placement of the spatial-spectral section in Chapter 5 rather than 
in Chapter 4 is somewhat arbitrary). The chapter concludes with a discussion 
of spatial tagging pulses, which are used to prepare the longitudinal magnet- 
ization with a set of stripes or grids prior to an imaging sequence. Unlike the 
other pulses described in Chapter 5, tagging pulses are not necessarily played 
with a concurrent slice-selection gradient but rather can be interleaved with a 
gradient pulse. 

Chapter 6 revisits the basic RF pulse functions of excitation (Section 6.1), 
inversion (Section 6.2), and refocusing (Section 6.3) using adiabatic pulses. 
Adiabatic pulses are insensitive to variations in B\ -amplitude as long as a min- 
imum amplitude threshold is met. These pulses are governed by a specific set of 
rules, known collectively as the adiabatic condition, discussed in Section 6. 1 . 
As such, the properties of adiabatic pulses and their interaction with the mag- 
netization are quite different from their nonadiabatic counterparts. In clinical 
MR imaging, perhaps the most widely used adiabatic pulse is the hyperbolic 
secant inversion pulse, which is described in Section 6.2. That pulse can 
be made spatially selective by applying a concurrent slice-selection gradient. 
Other adiabatic pulses are less frequently used in imaging, mainly because of 
lack of robustness in spatial selectivity. They are quite useful in localized spec- 
troscopy, however, especially when RF power deposition is not problematic. 

It should be noted that the classification of RF pulses in Chapters 2-6 is 
somewhat arbitrary. The placement of a pulse in a particular category does not 
preclude it from belonging in other categories as well. For example, a SINC 
pulse can be used as spatial saturation pulse, a spectrally selective pulse, an 
excitation pulse, an inversion pulse, or a refocusing pulse. Thus, Chapters 3-6 
focus on the general properties of any RF pulse used for that function rather 
than concentrating on specific pulse shapes. 

Several physical quantities are used repeatedly throughout Part II to char- 
acterize RF pulses. The RF envelope, which we denote by B\(t) or A(t), is 
typically measured in microteslas. The RF envelope is a (relatively) slowly 
varying function of time, with at most a few zero-crossings per millisecond. 
The RF pulse played at the physical RF coil is a sinusoidal carrier waveform 
that is modulated (i.e., multiplied) by the RF envelope. The RF carrier varies 
much more rapidly than the RF envelope; its frequency is typically set equal 
to Larmor frequency (e.g. 63.85 MHz at 1.5 T), plus (or minus) the frequency 
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offset 8f required for the desired slice location, as described in Section 4.3. 
(For spectrally selective pulses, the chemical shift rather than the spatial offset 
determines the carrier frequency, as described in Section 4.3.) 

The duration of the RF pulse is called the pulse width (T) and is typically 
measured in seconds or milliseconds. The RF bandwidth A/, specified in 
hertz or kilohertz, is a measure of the frequency content of the pulse and is 
typically given by the full width at half maximum (FWHM) of the frequency 
profile (Section 4.3). (Note that the RF bandwidth A/ differs from the receiver 
bandwidth Ay discussed in Section 11.1, and from the carrier frequency off- 
set <5/). The dimensionless time-bandwidth product TAf is a measure of the 
selectivity of the pulse and is determined by the pulse shape. 

Another parameter that is commonly used to describe an RF pulse is its 
flip angle 8. The flip angle is measured in radians or degrees and describes the 
nutation angle produced by the pulse. For example, an excitation pulse that tips 
the longitudinal magnetization completely into the transverse plane has a flip 
angle of 90°, or n/2 rad. As shown in Section 3. 1 , the flip angle (on-resonance) 
can be calculated by finding the area underneath the envelope of the RF pulse. 
This calculation, however, is not valid for adiabatic pulses. 

RF pulses deposit RF energy that can cause unwanted heating of the 
patient. This heating is measured by the specific absorption rate (SAR) (in 
watts per kilogram). Clinical MRI scanners operate under regulatory guidelines 
for the maximal amount of SAR that can be deposited. In the United States, the 
Food and Drug Administration specifies nonsignificant risk guidelines for the 
maximal amount of SAR that can be deposited into the patient's head, whole 
body, torso, or extremities. Although typically the exact amount of SAR depos- 
ited must be empirically calibrated, several convenient scaling relationships 
exist. For example, in the clinical range of field strengths (Bo = 0.2-3.0 T) 
SAR is proportional to the square of the Larmor frequency or, equivalently, 
the square of Bq. As discussed in Section 2.4, SAR is also proportional to the 
square of the B\ -amplitude. Thus, for a nonadiabatic pulse, the SAR is propor- 
tional to the flip angle squared, 6 2 . Holding other parameters (i.e., the flip angle 
and pulse width) fixed, SAR is linearly proportional to the RF bandwidth. To 
summarize the scaling relationships: 

SAR oc B$6 2 Af 

It is interesting to note that in MRI, unlike computed tomography, the 
spatial distribution of the dose (i.e., the SAR) is not concentrated near the 
selected slice. Instead in MRI the deposited energy covers the entire sen- 
sitive region of the RF transmit coil. This is because the energy involved 
in tipping the spins is negligible compared to the energy dissipated as heat, 
which is nearly the same whether or not the spins are on-resonance. For a 
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more complete discussion of SAR, the reader is referred to Bottomley et al. 
(1985). 
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Radiofrequency Pulse 
Shapes 



2.1 Rectangular Pulses 

A rectangular or hard pulse is simply a pulse shaped like a RECT function 
in the time domain (Figure 2.1). (In contrast, pulses that are time-varying or 
shaped are sometimes called soft pulses.) Hard pulses can be used when no 
spatial or spectral selection is required and are convenient because the pulse 
length can be very short. Like a spectrally selective pulse, a hard pulse is played 
without a concurrent gradient. The bandwidth of a hard pulse, however, is broad 
enough so that spins with a wide range of resonant frequencies are affected. 



FIGURE 2. 1 A rectangular or hard RF pulse. 
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In the small flip angle approximation, the frequency profile corresponding 
to a hard pulse is a SINC. Because the first zero-crossing of a SINC is the inverse 
of the corresponding RECT width, the narrow pulse width means that a hard 
pulse flips spins over a very wide bandwidth. The flip angle 6 of a hard pulse 
is directly proportional to the amplitude (B\ ) and the width (T) of the pulse: 

6 = yB\T (2.1) 

Example 2.1 A commercial MR scanner generates a maximum B\ field of 
30 uT. What is the length T of a hard pulse that gives a 90° flip angle? 

Answer 

T = ^ = ^ = 1.96 x 10" 4 s = 196ns 

yBi (2n x 42.57 MHz/T) (30 |xT) 



2.1.1 Rectangular Pulse Uses 

Because most imaging pulse sequences require RF pulses with spectral 
or spatial selectivity, hard pulses are very infrequently used. One exception 
is 3D acquisitions (Section 1 1 .6), in which sometimes the imaging volume is 
sufficiently large to cover the entire sensitive region of the coil. Hard pulses 
can be grouped together to form composite pulses that are spectrally selective 
(see Section 4.1). Hard pulses are also used for magnetization transfer, but 
even there a small amount of windowing may be applied to the pulse (see 
Section 4.2), for example, to form a Fermi pulse. Hard pulses are also used in 
combination with gradients to create tagging pulses (see Section 5.5). 

One problem with implementing a hard pulse is that it may be played with 
poor fidelity by some RF amplifiers because of the waveform discontinuities. 
In this case, a windowed hard pulse, such as a half-sine pulse, usually works 
better. Another option is to play a trapezoidal RF waveform. Table 2.1 lists 
some properties of rectangular and related pulse shapes. Hard pulses must have 
sufficiently high bandwidth (i.e., sufficiently short temporal duration) so that 
all the frequencies of interest are excited. From Table 2.1, we see that when 
the hard pulse duration is 100-500 |xs, bandwidths on the order of 2-10 kHz 
result, which easily cover the range of resonant frequencies encountered in 
most imaging volumes in the absence of a gradient. 
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Table 2.1 

Properties of Rectangular Pulses and Related Pulse Shapes 

Fourier Transform F\ 



rect(^) 



if \t\ > i~ 
HS(0 = cos(V)rECT( 



»(?> 



Lsmc(jzfT+^ 
+ |SINC^jr/r-|^ 



a HS(f ) is a half-sine pulse. TRAP(f) is a trapezoidal pulse with ramp time r and total width T. 
b FWHM is the full width at half maximum in the frequency domain under the small flip angle 
approximation. 



2.2 SINC Pulses 

SINC pulses (Runge et al. 1988; MacFall et al. 1990) have been widely 
used for selective excitation, saturation, and refocusing. A SINC pulse consists 
of several adjacent lobes of alternating polarity. The central lobe has the highest 
amplitude and is also twice as wide as every other lobe. The amplitude of the 
lobes progressively decreases on either side of the central lobe, as their polarity 
alternates. 

Under the conditions described in Section 3.1, the frequency profile prod- 
uced by an RF excitation pulse is well approximated by the Fourier transform 
of its RF envelope. (The shapes of the frequency and slice profiles are equival- 
ent when a slice-selection gradient is played during the RF pulse.) The Fourier 
transform of an infinitely long SINC pulse is the RECT function (see Chapter 1 , 
Table 1.1); that is, it has the top-hat shape of the ideal slice profile. Con- 
sequently SINC pulses have been natural choices when a uniform slice profile 
is desired. A SINC pulse that can be generated in practice has a finite duration 
and is obtained by truncating all but the central lobe and a few of its neighbors, 
or side lobes. In general, the greater the number of lobes that are included in 
the SINC pulse, the better the approximation to the ideal frequency profile. 
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Adding more lobes increases the duration of the pulse. This can lead to a num- 
ber of adverse effects, such as prolonging the minimum echo time (TE) and 
repetition time (TR) of the pulse sequence and increasing the sensitivity to flow 
and off-resonance effects. An apodizing window is usually applied to the SINC 
pulse to ease the effects caused by truncation and to smooth its slice profile. 

An asymmetric or truncated SINC pulse (MacFall et al. 1990) is imple- 
mented by retaining an unequal number of side lobes to the left and to the right 
of the central lobe. Retaining fewer lobes to the right can be used to reduce the 
minimum TE. 

On commercial MR scanners, tailored pulses, designed with methods 
such as the SLR algorithm (Section 2.3) have replaced many SINC pulses. 
For example, for a fixed product of the pulse duration and bandwidth (i.e., 
the dimensionless time-bandwidth product T A/) minimum phase SLR pulses 
can generally produce a more desirable slice profile than an asymmetric SINC 
pulse. Still, SINC pulses, especially symmetric ones, are simple to implement 
and remain popular, especially for excitation with small flip angles. 

2.2.1 Mathematical Description 

SINC Formula The time dependence of the RF envelope of a SINC pulse 
(without windowing) is given by: 

/ f \ sin I — J 

ASINcly\ = Ato ^M- -N L t < t < N R t (2.2) 

elsewhere 

where A is the peak RF amplitude occurring at t = 0, ?o is one-half the width 
of the central lobe (which is equal to the full width of each side lobe), and A/l 
and Nr are the number of zero-crossings in the SINC pulse to the left and right 
of the central peak, respectively. If A/ L = A/r, the SINC pulse is symmetric. 
To a good approximation, the bandwidth of the SINC pulse (FWHM of the 
slice profile) is given by: 

A/ « - (2.3) 

to 

The precise value of the bandwidth can be determined with Bloch equation 

analysis; some examples are given in Table 2.2. According to Eqs. (2.2) and 

(2.3), the dimensionless time-bandwidth product of a SINC pulse is given by: 

TAf = N L + N R (2.4) 

The time-bandwidth product of a SINC pulse also equals the number of zero- 
crossings of the RF envelope, including the start and end (i.e., the margins) 
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of the pulse. Because, in practice, A^ and Nr are both finite (e.g., typically 
1 to 4), the SINC pulse has a discontinuous first derivative at A^fo and Afcfo, 
which can lead to unwanted ringing in the slice profile. For a symmetric SINC 
with Nl = Nr = N, the discontinuity in the first derivative at the margins of 
the pulse is given by: 



| <igi (0 1 
dt . 



=±Nt 



^- when |f | -* (Nt )+ 
[0 when \t\ -> (Nt )- 



(2.5) 



The problem of the discontinuous first derivative can be addressed by apodizing 
the SINC pulse. The apodization window gently tapers the RF amplitude, 
especially at the start and end of the pulse. Common apodization functions 
include the Hamming and Hanning windows. SINC pulses apodized by these 
windows are described by: 



AtQ (1 —a) +acos I 




— - -A^fo < t < N R t 

Tit 

elsewhere 

(2.6) 
where A' is the larger of A^ and Nr. Setting the parameter a = 0.5 yields the 
Hanning window, and setting a = 0.46 yields the Hamming window. Equa- 
tion (2.6) reduces to the unapodized SINC of Eq. (2.2) when a = 0. The 
Hanning window ensures a continuous first derivative for a symmetric SINC, 
whereas the Hamming window reduces the first derivative at the margins of 
the symmetric pulse by a factor of 12.5. Figure 2.2 shows an N — 2 symmetric 




FIGURE 2.2 A symmetric N = 2 SINC pulse. The bold line shows the pulse without 
apodization; the thin line shows the pulse apodized with a Hamming window. The 
width of the central lobe is 2 x to, and the width of all the side lobes is to. 
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M r M x 




FIGURE 2.3 An N = 4 symmetric SINC pulse apodized with a Hamming window 
and the resultant frequency profile at a flip angle of 30°. The solid line indicates M y , 
and the dotted line M x . This frequency profile produced by the SINC pulse is a good 
approximation of the ideal profile. 

SINC pulse with and without a Hamming apodization window. Figure 2.3 
shows an N — 4 symmetric windowed SINC pulse and the resultant frequency 
(or slice) profile for a 30° flip angle calculated with the Bloch equations or a 
forward SLR transform. 

Example 2.2 A SINC pulse has a total duration of 3.2 ms. The pulse is sym- 
metric and has one negative lobe on each side of the central lobe. What is the 
approximate value of the bandwidth in hertz? What are the values of N and 
TAf for this pulse? 

Answer Recalling that the central lobe is twice as broad as the other two, we 
can infer that: 

3.2 ms 

/ = = 0.8 ms 

1+2+1 

Therefore the bandwidth is approximately: 



Nl = Nr = N = 2 f or this pulse because there are two zero-crossings on each 
side of the central lobe. The time-bandwidth product can be calculated either 
directly, or with the use of Eq. (2.4): 

TAf = 3.2 ms x 1250 Hz = 4.00 



TAf = N L + N R = 2 + 2 = 4 
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FIGURE 2.4 (a) An N = 4 symmetric SINC pulse apodized with a Hamming window, 
(b) When played as an excitation pulse at a flip angle of 120°, prominent side lobes 
appear (arrow), (c) When played as a refocusing pulse (assuming crushers are used), 
the side lobes are suppressed and the bandwidth is narrowed. 



42 CHAPTER 2 Radiofrequency Pulse Shapes 

SINC Refocusing Pulses Given the severe nonlinearity of the Bloch equa- 
tions for RF excitation with flip angles greater than 90° (see Section 3.1), it is 
somewhat surprising that SINC pulses can make effective refocusing pulses. 
(Refocusing pulses are normally played at a flip angle of 180°, but reduced 
flip angles, e.g., 130°, are sometimes used when SAR is a limiting factor, as 
discussed in Section 3.3.) 

One reason that SINC pulses can be effectively used for refocusing pulses 
is that they are typically played with accompanying crusher gradients (see 
Section 10.2). It can be shown that the slice profile of a refocusing pulse 
with crushers is equal to the square of the small flip angle profile, which 
can be demonstrated with SLR analysis (Section 2.3). (Recall that the profile 
obtained at small flip angles is well approximated by the Fourier transform 
of the RF envelope and therefore does not contain nonlinearity introduced by 
the Bloch equations.) Figure 2.4 shows the responses of a SINC pulse with a 
1 20° flip angle played as an excitation pulse and as a refocusing pulse (with 
crushers). Both responses were calculated with forward SLR transforms. The 
lack of side lobes in the refocusing pulse profile is a general result for this 
pulse and is valid even at a flip angle of 180°, as long as crushers accompany 
the pulse. Generally the effect of squaring any slice profile is to make it more 
sharply peaked, to suppress its side lobes, and to narrow it. Therefore, if SINC 
pulses that are identical (except in flip angle) are used for both excitation and 
refocusing in a spin echo pulse sequence, the amplitude of the slice-selection 
gradient of the refocusing SINC pulse is reduced by 25-40% to counteract the 
slice narrowing effect. 

Table 2.2 gives some quantitative examples of the slice narrowing. When 
played as a small flip angle pulse (0 = 30°), the values are nearly equal to 
unity, indicating that Eq. (2.3) holds to an excellent approximation. At 8 = 
90° the approximation is less accurate. When the SINC pulses are played as 
refocusing pulses, with crushers, the bandwidth is substantially lower, so that 
the amplitude of the slice-selection gradient must be reduced to obtain the 
expected slice thickness. 

Table 2.2 

RF Bandwidth", as Measured by the FWHM of the Slice Profile, 
for Two SINC Pulses Apodized with a Hamming Window 



A/xr 


6 = 30° 


9 = 90° 


e = m oh 


N L = N R = N = 2 
N L = N R = N = 4 


1.01 
1.00 


1.09 
1.02 


0.67 
0.70 
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2.3 SLR Pulses 

Given a slice-selective RF pulse and the initial orientation of the mag- 
netization vector, the slice profile can be determined by solving the Bloch 
equations for M x , M y , and M z (e.g., see Eq. 3.13 in Chapter 3). Although 
numerical methods are usually required, the process is straightforward and 
deterministic. The inverse problem, however, is much more difficult. Given 
the desired slice profile and the initial condition of the magnetization, what 
RF pulse should be applied? For small flip angles, the shape of an excitation 
pulse can be determined (to an excellent approximation) by inverse Fourier 
transformation of the slice profile (Section 3.1). This procedure begins to fail 
for pulses with larger flip angles (i.e., over the range 30-90°) due to the non- 
linearity of the Bloch equations. In those cases, the RF pulse can be determined 
by iterative numerical optimization methods (for example, using optimal con- 
trol theory), but this process is time-consuming and has limited flexibility for 
making trade-offs among pulse parameters. A summary of iterative and other 
RF pulse design methods can be found in Warren and Silver (1988, chap. 4). 

The Shinnar-Le Roux (SLR) algorithm (Le Roux 1986; Shinnar, Eleff, 
et al. 1989; Shinnar, Bolinger, et al. 1989a, 1989b; Shinnar and Leigh 
1989; Pauly et al. 1991) allows this inverse problem to be solved directly 
and efficiently, without iteration. Characteristics such as RF bandwidth, pulse 
duration, flip angle, percent ripple in the passband, and percent ripple in the 
stopband are specified, and the algorithm returns the exact RF pulse through a 
straightforward computational process. Moreover, the SLR algorithm allows 
the pulse designer to make trade-offs among these parameters before the pulse 
is even generated. Because of these advantages, the SLR algorithm has found 
widespread use for nonadiabatic pulse design in imaging and spectroscopy. 

The SLR algorithm uses two key concepts: the two-dimensional 
mathematical representation of rotations known as SU(2), and the hard pulse 
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approximation. Rotations in three-dimensional space can be described equally 
well by two distinct representations. The first representation uses the familiar 
3x3 orthogonal rotation matrices and 3 x 1 vectors. This set of 3 x 3 rotation 
matrices is said to be the special orthogonal 3D group, or SO(3). The second 
representation uses 2x2 unitary matrices, and 2 x 1 complex vectors called 
spinors (Le Roux 1986; Shinnar and Leigh 1989; Pauly et al. 1991). The set 
of rotation 2x2 unitary matrices is said to be the special unitary 2D group, or 
SU(2). Both the SO(3) and SU(2) representations are equally valid to describe 
macroscopic rotations such as those experienced by the magnetization vector. 
The SU(2) representation for rotations is used in the SLR algorithm because 
it offers considerable mathematical simplification. 

The second key concept of the SLR algorithm is the hard pulse approxi- 
mation (Le Roux 1986; Shinnar, Eleff, et al. 1989), which is useful for 
nonadiabatic pulses and is depicted in Figure 2.5. The hard pulse approxi- 
mation states that any shaped, or soft, pulse B\ (t) can be approximated by 
a series of short hard pulses separated by periods of free precession. The 
approximation becomes progressively more accurate as the number of hard 
pulses increases and the duration of the free precession periods decreases. 
When rotations are described in the SU(2) representation and the hard pulse 
approximation is used, the effect of any soft pulse on the magnetization can 
be mathematically described by two polynomials with complex coefficients. 
The process that transforms from the RF pulse to the two polynomials is called 
the forward SLR transform. It is important that the inverse SLR transform also 
can be calculated. The inverse transform yields the RF pulse, given the two 
complex polynomials corresponding to the desired magnetization. 




FIGURE 2.5 The hard pulse approximation. A selective or 'soft' RF pulse B\ (?) can 
be approximated by a series of hard pulses, represented by the vertical lines. The hard 
pulses are separated by periods of free precession of duration At. As the number of 
hard pulses increases and At decreases, the accuracy of the hard pulse approximation 
improves. 
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In digital signal processing (DSP), these polynomials are filters for which 
there are well-established and powerful design tools available. In the SLR 
algorithm, the inverse SLR transform is used in conjunction with finite impulse 
response (FIR) filter design tools to design RF pulses directly (Shinnar, 
Bolinger, et al. 1989b; Pauly et al. 1991). 

This section introduces the reader to the main concepts underlying the 
SLR algorithm. If the reader wants to actively engage in SLR pulse design, 
additional details beyond the scope of this section will be required and the 
reader is referred to Pauly et al. (1991) the DSP references therein. Several 
excellent commercial and shareware software packages for FIR filter design 
are also available. (We cannot recommend any particular package here, but if 
the reader enters key words such as filter design, Remez, and Parks-McClellan 
into an Internet search engine, several options will appear.) 

2.3.1 Mathematical Description 

Rotations Rotations in three dimensions can be described equivalently 
by either the SO(3) or SU(2) representations. In the SO(3) representation, the 
familiar 3x3 rotation matrices have nine real matrix elements. The matrices 
are orthogonal and normalized (often called orthonormal): 

mm T = 5R r 5R = I (2.7) 

where di T represents the transpose of the matrix 31 and I is the identity matrix. 
Because a general rotation can be completely specified by three free param- 
eters (e.g., three Euler angles x, f, and rf), Eq. (2.7) represents 9-3 = 6 
constraints. 

In the SU(2) representation, a general rotation matrix Q can be written: 



where a and fi are complex numbers known as the Cayley-Klein parameters 
and the asterisk represents complex conjugation. The matrix Q is unitary; 
that is: 

QQ+ = Q+Q = I (2.9) 

where Q 1 ' is the Hermitian conjugate or adjoint of Q, which is obtained by 
transposing Q and taking the complex conjugate of each element. Note the 
product of unitary matrices is also a unitary matrix. Because the two complex 
Cayley-Klein parameters a and contain a total of four real numbers, Eq. (2.9) 
contains only 4 — 3 = 1 constraint. (Again recall that three free parameters are 
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required to describe a general rotation.) From Eqs. (2.8) and (2.9), that single 
constraint is the normalization condition: 

aa* + M* = \a\ 2 + \p\ 2 = I (2.10) 

The rotation matrix Q acts on 2 x 1 complex vectors (i.e., the spinors). In the 
SLR algorithm, the initial state of the spinor is taken to be: 



■0 



(2.11) 



Note that the effect of the unitary rotation matrix in Eq. (2.8) on the initial state 
of the spinor is 

Qso = \i\ (2-12) 



In other words the elements of the spinor are the Cayley-Klein parameters. 
Thus, the elements of the spinor satisfy the same normalization constraint that 
is given in Eq. (2.10). 

The mathematical simplification afforded by the SU(2) representation is 
a consequence of the fewer number of constraints implicit in Eq. (2.9) versus 
Eq. (2.7) (i.e., one versus six). This situation is analogous to solving a system 
of linear equations, where it is nearly always easier to solve fewer equations 
with fewer constraints. 

Given three Euler angles x, f, and ??, a two-dimensional unitary matrix 
can be written for the rotation (Goldstein 1980, Chap. 4): 



,,-'-<x+*)/2 cos 2 



Note the appearance of the half values of the angles in Eq. (2.13), which is 
typical in the SU(2) representation. A rotation by 2n (i.e., r\ ->• rj + In) 
negates the matrix Q, whereas the same rotation leaves the corresponding 
3x3 orthogonal rotation matrix 3i unchanged. Thus there is a one-to-one 
correspondence between elements of SO(3) and SU(2), that is, between 9i and 
the pair (-Q, Q). 

Although the SU(2) representation offers some mathematical simplifi- 
cation, ultimately the rotation of the magnetization vector occurs in real, 
three-dimensional space. A set of rules, or dictionary, that translates between 
the SU(2) and the SO(3) representations is required. Those rules were given 
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by Jaynes (1955) and later adapted in Pauly et al. (1991). Defining the com- 
plex transverse magnetization in terms of the x and y components of the 
magnetization vector: 

M ± = M x + iM y 

M* X = M X - iM y 

the magnetization before (— ) and after (+) a rotation is given by: 



M* x (+) 
M z {+) 



(a*) 1 - 
-G6*) 2 < 
— (aP)* —a/3 aa' 



2a*p 
lap* 



M*(-) 
M z (-) 



where a and p are the Cayley-Klein parameters. Several important special 
cases (Pauly et al. 1991) can be extracted from Equation (2.15). For example, 
consider an inversion pulse. Prior to the application of the pulse, assume the 
magnetization is entirely aligned with the z axis and is assumed to have its 
maximal equilibrium value: 



M±{- 

M z (- 



= 

= M 



Substituting Eq. (2.16) into Eq. (2.15), and applying the normalization 
condition of Eq. (2.10) yields: 

M z (+) = M {aa* - pp*) = M (l - 2\P\ 2 ) (2.17) 

Note that the expression for the inversion slice profile in Eq. (2.17) is a real 
quantity, as it must be, even though the individual Cayley-Klein parameters 
are complex numbers. Table 2.3 gives several other special cases. 



The Hard Pulse Approximation and the Forward SLR Transform This 
subsection gives an overview of the hard pulse approximation and forward 
SLR transform. For more details, the reader is referred to Pauly et al. (1991); 
here we mainly follow the notation of that paper. 

Recall that a selective, or soft, pulse can be approximated by a series of 
hard pulses, separated by periods of free precession (Fig. 2.5). In this way the 
net effect of the RF pulse can be approximated by a series of nutations and 
free precessions. Each nutation and each precession produces a rotation of the 
magnetization vector, which can be described by a unitary rotation matrix in 
the SU(2) representation. If relaxation effects are ignored, the net effect of all 
the nutations and precessions is a composite rotation that can be described by a 
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Table 2.3 

Response of the Magnetization to Commonly used RF Pulse Types in Terms 

of the Cayley-Klein Parameters 





Initial Condition 






Pulse Type 


(M x ,M y ,M z ) 




Final State 


Excitation or saturation 


(0, 0, M ) 


M x 


= 2MoRe(ay8*) 






My 


= 2M Im(a/?*) 






M x 


= 2a£* 


Inversion 


(0, 0, Mo) 


M z 


= Mod - 2|/3| 2 ) 


Refocus (without crushers) 


(0, Mo, 0) 


M± 


= ;M ((a*) 2 + P 2 ) 


Refocus (with crushers, 


(0, M , 0) 


M± 


= iM p 2 


which dephase the (a*) 2 








term giving a voxel 








average of 0) 









single unitary matrix obtained by multiplying the individual rotation matrices 
in sequence. 

As shown in Figure 2.5, the hard pulses are taken to be a series of spikes 
(i.e., delta functions) with adjacent hard pulses separated by a time interval 
At. So that the entire series of hard pulses produces the same flip angle as the 
soft pulse, the incremental flip angle produced by the j'th hard pulse must be 

0j = y\Bij\At (2.18) 

(Equation 2.18 can be interpreted as approximating the integral under the soft 
pulse by a series of rectangles.) The SLR algorithm does not require the RF 
field to lie along a single direction in the rotating frame, so B\j is represented 
by a complex value, as discussed in Section 1 .2 (hence the absolute value in 
Eq. 2.18). If the phase of the RF field in the rotating frame is given by: 

<Pj = l{B x ,j) = arg(fli ,;), (2.19) 

then, 0j and <pj are related to the three Euler angles by r\ = 0j, / = — ty and 
% — f = 2<pj . The rationale behind choosing these values for the Euler angles 
is explained in Figure 2.6. Equation (2.13) then provides the unitary matrix 
that describes the jth nutation: 



5 -L i e «Pj s in -; 



ie i(p i sin - 
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FIGURE 2.6 Nutation of the magnetization by the y'th hard pulse. Because B\j can 
be complex (i.e., can make any angle cpj with respect to the x axis in the rotating 
frame) the nutation is described by three Euler angles. First, a rotation about z by the 
Euler angle f = - <pj aligns B\j with the x axis. Then, a rotation about the x axis 
by t} = dj accomplishes the nutation. Finally, B\j is restored to its initial orientation 
with a rotation about the z axis by / = +<pj. 



Again using Eq. (2.13), and assuming both At and the resonant offset a> to 
be independent of the index j, the unitary rotation matrix describing any pre- 
cession period is obtained by setting r\ — x = and xjr equal to the precession 
angle: 

O • -V* 12 ° ]-\ zi/2 ° ]-M l °1 (2 21) 

^precession - |^ Q e -ii>/2^ - [ q ^1/lJ ~ Z [o z ~ l J (Z21) 

The variable z is related to the resonant offset, which is determined by the 
gradient G and displacement r from isocenter: 

z = expO» = exp(/ojAO = e\p(i2nfAt) = expO'yG • r Ar) (2.22) 

(For spectrally selective pulses in Section 4.3, there is no slice-selection gradi- 
ent, so the last term of Eq. 2.22 does not apply.) If, without loss of generality, 
it is assumed that the free precession precedes the nutation, then the effect of 
the first precession and nutation on the initial state given in Eq. (2.1 1) is: 



I* 7 PH»] 

2 J 



50 



CHAPTER 2 Radiofrequency Pulse Shapes 



Equation (2.23) contains the definition of Ci and Si , and Cj and Sj are defined 
analogously. The spinor state after the jth precession can be obtained by 
recursion: 

Sj = Qnutation,;Qprecession^-l (2.24) 

For example, 



S2 = Qnu 



n,2V;precession^l 



ie lV2 sin — 



P. « ! '] 



C 2 Ci-SiS* Z - 
C1S2 + S\Ciz~ 



(2.25) 
Defining the y'th spinor state in terms of two complex polynomials: 

= z i/2 \"J7'A ( 2 - 26 ) 



(2.27) 






it can be seen from Eqs. (2.24) and (2.25) that Aj(z) and Bj(z) are each poly- 
nomials of order j - 1 in the variable z~~ l . After the entire RF pulse has been 
approximated by ./V interleaved periods of free precession and hard pulses, 
we have: 

„A72 r^N(z)l 

Note that from Eq. (2.25), the constant term in the polynomial A^ is a product 
of the cosine terms: 



An,0 = CnCn-]Cn-2 • ■ C2C\ 



(2.28) 



All of the other terms in the polynomial An contain at least one factor of 
Sj, each of which is proportional to sin(#//2) and hence proportional to 9j 
(because 0j « 1 rad). For small flip angles, all those terms are negligible in 
comparison to the constant term, so 

A N (z)^A N ,o = C N C N -iC N - 2 ---C 2 C i «1 (2.29) 

(6j\ 
because Cj is equal to cos I — J «» 1 . 
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From Eqs. (2.12) and (2.27), the two polynomials An and B N are related 
to the Cayley-Klein parameters for the net rotation by: 

A N (z) = z- N/2 a 

(2.30) 
B N {z) = z- N ' 2 P 

According to Eq. (2.22), |z| = 1, so the polynomials An and Bn satisfy the 
normalization constraint: 

\A N (z)\ 2 + \B N (z)\ 2 = \ (2.31) 

At this point, we have demonstrated the forward SLR transform from the RF 
pulse to the two polynomials in Eq. (2.27). The resulting magnetization is 
found from Eq. (2.30) and the relationships in Table 2.3. 

Equation (2.29) provides further insight when used to interpret Table 2.3. 
For example, small flip angle excitation pulses satisfy \a\ ~ 1 because the 
cosines of all the hard pulse flip angles are approximately 1 , and the sines 
are approximately 0. Because the small flip angle response is approximately 
proportional to the Fourier transform of the pulse, we can infer that \aB*\ «s 
|/5*| = \B\ must also be proportional to the magnitude of the Fourier transform 
of B\ (t ). Examining the result for the refocusing pulse (with crushers), we see 
that its slice profile is related to the square of the small flip angle excitation 
slice profile. This explains, for example, the narrowing of the slice profile of a 
SINC pulse used as a refocusing pulse (with crushers) compared to one used 
as an excitation pulse (Section 2.2). 

The Inverse SLR Transform The inverse SLR transform translates from 
the two polynomials An(z) and Bn(z) back to the j'th RF pulse element 
B]j. Like the forward SLR transform, the inverse is calculated recursively. 
Inverting Eq. (2.24), and recalling the unitary property of the matrices (i.e., 
Eq. 2.9) yields: 

Because Aj(z.) and Bj(z) are polynomials of order j — 1 in;: -1 , the constraint 
that their orders must decrease by one power of z~ ' for each iteration provides 
sufficient information to calculate their coefficients. As described in detail in 
Pauly et al. (1991), that constraint allows the amplitude and phase of the hard 
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pulse B\j to be calculated with the relationship: 

y\B\j\At = 2arctan 

1{B XJ ) = I ( 






Aj,oJ 

where Aj$, and Bjq are the lowest order (i.e., constant) terms of the polyno- 
mials Aj(z) and Bj(z) (note that on the left-hand side of Eq. (2.33) B\j is the 
RF field strength, not to be confused with the polynomial B.) By proceeding 
with the recursion, the entire hard pulse approximation can be recovered from 
the polynomials A and B. This provides the inverse SLR transform. 

In practical calculations, for computational efficiency N is usually taken 
to be less than the number of the digital points used to ultimately represent the 
RF pulse on the MRI scanner. The final high-resolution digital representation 
of the pulse is obtained with interpolation (e.g., with cubic splines) of the hard 
pulse representation. If N is chosen too small, the hard pulse approximation 
begins to break down. Typically, N might be chosen to be 20-100, while the 
final digital resolution of the pulse can be 100-1000 or more, depending on 
its duration and on the details of the digital-to-analog converter (DAC) in the 
RF chain. 



The Polynomials A and B To design an RF pulse, the filter (i.e., poly- 
nomial) Bjv(z) is matched to the desired frequency response. This is done by 
a procedure described in Le Roux (1986) and Pauly et al. (1991) and outlined 
next. From Eqs. (2.8) and (2.13), we note that |^| = |B^| = sin(jj/2) where 
x) is the net nutation angle of the pulse. First we generate up an ideal Bn(z) 
polynomial that is equal to the sine of one-half the desired flip angle of the 
ideal profile. (Recall that z is related to the spatial coordinates by Eq. 2.22.) 
For example, to design a 90° pulse we set the ideal Bn(z) equal to in the 
stopband and equal to the constant value: 

sin ( — \ % 0.707 (2.34) 

in the passband. This ideal slice profile cannot be realized with a finite-length 
RF pulse, so a more realistic profile with a finite transition band and ripples 
is used instead. We can generate the realistic polynomial with the Parks- 
McClellan algorithm (Oppenheim and Schaeffer 1975, Chap. 5), which is also 
sometimes referred to as the Remez exchange algorithm. Figure 2.8a (later in 
this chapter) shows an example of the resulting B^iz) polynomial. Note that 
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the finite-width transition band, the passband ripples, and the amplitude in the 
passband (~0.7) are consistent with Eq. (2.34). 

To perform the inverse SLR transform we also need to determine the poly- 
nomial An(z). There are many possible choices that satisfy the normalization 
constraint: 

\A N (z)\ = ^1 - B N (z)B* N (z) (2.35) 

The problem of selecting the most physically meaningful filter A^iz) was 
solved by Le Roux (1986), who pointed out that minimum phase A N (z) yields 
the pulse that deposits the least amount of RF energy. That choice for the poly- 
nomial maximizes its constant term An,o, which from Eq. (2.29) is equivalent 
to minimizing all the flip angles of the hard pulses and hence the total RF 
power. Minimum phase polynomials have the property that all of their zeros 
(roots) lie within the unit circle; that is, if A n (zr) = 0, then \zr\ < 1. Once 
its magnitude has been determined as in Eq. (2.35), the complete polynomial, 
including its phase, can be calculated or retrieved with a mathematical tool 
called a Hilbert transform (named for David Hilbert, 1862-1943, a German 
mathematician), as explained in Pauly et al. (1991). 

Once the minimum phase solution is selected for Ajv(z), there are still 
several inputs to be made to the SLR pulse design. The phase of the filter B^ (z) 
dropped out of Eq. (2.35), but it is a design choice in the Parks-McClellan 
algorithm. Minimum, linear, and maximum phases are the most commonly 
used. In order to reduce the peak RF power, other phase choices (Shinnar 
1994), including quadratic phase, can be used instead. The final RF pulse is 
often referred to according to the phase choice of the filter Bn (z), for example, 
a minimum phase pulse. Note that the minimum phase solution is always 
used for An (z), regardless of whether minimum, maximum, or linear phase 
solutions are used for Bn(z). 



2.3.2 Design Considerations 

The time-bandwidth product (the product of the pulse duration T and 
the RF bandwidth A/) is a dimensionless measure of the selectivity of the 
pulse. A highly selective pulse has an abrupt transition from its passband to 
its stopband. Because of requirements such as minimum TE or maximum 
RF power, the desired slice profile might not be attainable with the TAf 
product available for the pulse. Defining W to be the dimensionless width of 
the transition band of the response (i.e., W x A/ is the transition width in 
hertz), then W is determined by the relation (Pauly et al. 1991): 

TAf W = D^ (2.36) 



54 CHAPTER 2 Radiofrequency Pulse Shapes 

where D^ is a function of the pulse design parameters. Equation (2.36) allows 
the pulse designer to trade off parameters before the pulse is generated. In 
Eq. (2.36), Dqo can be expressed by a simple function (Pauly et al. 1991) of the 
amount of ripple allowed in the passband and the stopband and of the phase type 
for the polynomial B. A more selective pulse has a smaller value of W, which 
can be accomplished either by increasing the time-bandwidth product TAf 
or by changing the pulse design to decrease Dqo- Increasing the percentage 
of ripple allowed, particularly in the stopband, is an effective way to decrease 
Dqo. Also, all other things being equal, minimum and maximum phase RF 
pulses have smaller values of £>oo than linear phase pulses. For example, for 
an excitation pulse with TA/ = 8, 1.0% passband ripples, and 0.7% ripples 
in the stopband, D^, = 2.037 for the linear phase pulse and £>oo = 1.628 for 
the minimum phase pulse. Therefore, the transition region W is 20% narrower 
for the minimum phase pulse. 

Of the phase types discussed, only linear phase pulses produce a phase 
dispersion that can be completely rephased with a gradient rephasing lobe. 
Thus linear phase pulses are commonly used as spatial excitation pulses for 
2D pulse sequences. The isodelay (see Section 3.1) of the linear phase pulse 
is equal to one-half its pulse width: 

T 

Ati = — (linear phase) (2.37) 

Linear phase pulses also are widely used as slice refocusing pulses, because 
the phase dispersion accumulated during the first and second halves of the 
pulse cancel. Figure 2.7 shows an example of a linear phase pulse and its 
magnetization response. 

Minimum phase pulses are useful in a number of applications because 
they have an isodelay that is less than one-half the pulse width: 

T 

Atj < — (minimum phase) (2.38) 

and generally the inequality in Eq. (2.38) becomes more extreme as the time- 
bandwidth product increases. Minimum phase pulses are an excellent choice 
as excitation pulses for 3D volume gradient echo applications in which it is 
important to minimize TE. A drawback of minimum phase pulses is that their 
phase dispersion is a nonlinear function of frequency offset and cannot be 
completely rephased with a gradient lobe. For 3D acquisitions, however, this 
is not a serious problem because the phase dispersion of the slice profile is 
distributed across the entire 3D slab, while intravoxel dephasing is determined 
by the encoded slice width. In practice, intravoxel phase dispersion due to a 
minimum phase pulse will rarely result in more than a 1% signal loss if even 
a minimal number (e.g., 16) of slices are phase encoded. Figure 2.8 shows 
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Frequency (kHz) 

FIGURE 2.7 Linear phase excitation pulse with a time-bandwidth product of 20, a flip 
angle of 45°, and 2% ripple in both the passband (i.e., in-slice) and the stopband (i.e., 
out of slice), (a) RF amplitude versus time, (b) M v and M x (dotted line) responses. The 
plot assumes that the optimal rephasing gradient lobe has been applied. Note that M x 
is nearly (i.e., the phase across the slice is approximately constant), suggesting that 
the linear phase introduced during the pulse is effectively rephased by the rephasing 
gradient lobe. 



an example of a minimum phase pulse that could be used as an excitation 
pulse for a 3D volume acquisition. Because minimum phase pulses have a 
reduced transition width W compared to linear phase pulses (holding T, A/, 
and the ripple percentages constant), a minimum phase pulse also makes a 
good choice when the phase of the magnetization response is unimportant, 
such as for inversion pulses. 
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FIGURE 2.8 Minimum phase pulse with a time-bandwidth product of 10, a flip angle 
of 90°, and 0.5% ripple in the passband and the stopband. (a) The filter (polynomial) 
Bn (z) plotted versus frequency, (b) The RF amplitude versus time, (c) The M y and M x 
(dotted line) response, (d) Plots of the same response as (c), but this time in terms of 
the polar instead of Cartesian components. Note from (b) that the isodelay is much less 
than one-half of the pulse duration (T = 2 ms and Af/ = 288 \is), and the nonlinear 
phase is apparent from (c) (real and imaginary) and (d) (modulus and phase). Also the 
ripples apparent on the filter passband are attenuated in the response (d) compared to 
(a) because the flip angle is 90°. 

Maximum phase pulses can be thought of as time-reversed minimum phase 
pulses. Consequently their isodelay is greater than one-half their pulse width. 
Maximum phase pulses are sometimes used for spatial or spectral saturation, 
where signal dephasing is desirable instead of detrimental. 



2.3.3 Practical Considerations 

Pulses designed with the SLR algorithm account for the nonlinearity of 
the Bloch equations, but only at a single flip angle. For example, if an SLR 
excitation pulse is designed for a flip angle of 45° but played at a flip angle 
of 60°, then deviations from the designed profile will begin to emerge. If this 
is an important consideration, a set of pulses designed for different flip angles 
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can be stored on the MR scanner. Alternatively, the SLR design could be done 
in real time when the operator selects the flip angle. 

The amount of ripple that is tolerable for the filter B^(z) depends on the 
intended function of the pulse. For example, from Table 2.3, a small flip angle 
excitation pulse response is linearly related to the Cayley-Klein parameter ft, 
and so from Eq. (2.30) it is also proportional to B N (z). Therefore the amount 
of ripple in the filter Bn(z) is equal to the amount ripple in the slice profile. 
For a refocusing pulse with crushers, however, there is a quadratic relationship 
between ft and the response. As shown in Pauly et al. (1991), this implies, 
for example, that the ripple in the passband of the magnetization response will 
be four times larger than the ripple in the passband of the filter. SLR pulses 
are always specified by the desired ripple in the magnetization response, and 
the corresponding ripple in the filter Bn (z) is calculated according to the type 
of RF pulse being designed. 

The intuitive basis for these types of relations between the ripple in the 
response and ripple in the filter can be appreciated by considering a 90° (i.e., 
n/2) excitation pulse. The magnetization response is proportional to the sine 
of the flip angle. Near 90°, the ripples in the passband are attenuated because 
the response is second-order in the ripple amplitude A6: 



= Mq sin (?- + Afl) = M cos Ad = M [ 1 



(Afl) 2 

2 



Consequently, higher amplitude ripples can be designed into the filter's pass- 
band. This effect is illustrated in Fig. 2.8. Quantitative relationships between 
filter ripple and response ripple for a variety of cases are given in Pauly et al. 
(1991). It should be noted, however, that if due to Bi inhomogeneity a pulse 
intended to be played at 90° (and designed with higher passband ripples) is 
actually played at 45° over part of the subject, then the passband ripples can be 
unacceptable in that region. 

The amount of stopband ripple that can be tolerated also depends on the 
specific use of the RF pulse. 3D volume excitation pulses tend to be less 
forgiving of stopband ripple because the phase encoding process in the slice 
direction can cause an unwanted signal from the stopband to alias into the 
desired slice locations. If, however, the main issue is whether or not the ripples 
in the stopband will disturb the z component of off-resonant magnetization 
(e.g., as with magnetization transfer, chemically selective, or some spatial 
saturation pulses), then the situation is much more forgiving. The amount of 
z magnetization that remains undisturbed is proportional to cos A0, which 
from Eq. (2.39) is second order in A6. 
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2.4 Variable-Rate Pulses 

A one-dimensional spatially selective RF pulse that is played concurrently 
with a time-varying gradient is called a variable-rate (VR) pulse (Conolly 
et al. 1988, 1991). VR pulses are also known as variable-rate gradient (VRG) 
pulses or variable-rate selective excitation (VERSE) pulses. One main applic- 
ation of VR pulses is to reduce RF power deposition to the patient, which is 
accomplished by decreasing the RF amplitude in the vicinity of the peak of 
the pulse. The peak of the pulse typically contributes the bulk of the power 
deposition because the contribution to the SAR from the pulse is proportional 
to the square of its Bi amplitude. Another application of VR pulses is to play 
RF concurrently with the gradient ramps, as is commonly done with spatial 
subpulses in a spatial-spectral pulse (Section 5.4). Playing RF with the ramps 
makes efficient use of the entire time allotted for the slice-selection gradient 
lobe, which allows thinner slices or an improvement of the slice profile. 
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FIGURE 2.9 The variable-rate modification to a SINC RF pulse. The original RF 
envelope An(0 is stretched and attenuated wherever the gradient amplitude is reduced. 
The gradient amplitude dips according to the function X(t). 




FIGURE 2.10 Whenever the gradient amplitude G(t) is reduced, there is a propor- 
tionate reduction in the RF bandwidth A/ and frequency offset Sf so that the same 
slice Az is produced. 



To maintain the nominal flip angle when the RF amplitude is reduced, the 
VR pulse is proportionately stretched, or time dilated. This in turn reduces the 
instantaneous RF bandwidth (defined later in Section 2.4) of any portion of the 
pulse that is stretched. To ensure that the entire VR pulse produces the desired 
slice profile, the slice-selection gradient amplitude must be proportionately 
reduced whenever the RF pulse is stretched in order to match the reduced RF 
bandwidth. Figure 2.9 shows an example of an original and a VR-modified 
SINC pulse with a concurrent gradient. Figure 2. 10 illustrates how the reduced 
RF bandwidth and reduced gradient amplitude work in concert to maintain the 
same slice profile. 



60 CHAPTER 2 Radiofrequency Pulse Shapes 

A VR-modified pulse is designed to produce exactly the same slice profile 
as the original pulse foron-resonance spins (e.g., water). The slice profile of off- 
resonance spins (e.g., lipids), however, will suffer distortion. This is because 
the pulse designer can dilate the RF and adjust the gradient, but has no control 
over the precession period of off-resonance spins. Off-resonance slice profile 
distortion often limits the degree of VR stretching that can be used in practice. 

VR pulses are sometimes called the 10-speed bicycle of RF excitation 
because when the work gets strenuous (i.e., pedaling uphill or playing high- 
amplitude RF), the duration of the work is dilated (by using a lower gear or by 
stretching the RF pulse). VR pulses also can be thought of as a transmit analog 
of variable bandwidth reception described in Section 14.3 or data readout with 
ramp sampling described in Section 16.1. Both adiabatic and nonadiabatic 
pulses can be modified with the VR method. 

2.4.1 Quantitative Description 

Variable-Rate Stretching Suppose the original envelope of an RF pulse is 
given by Ao(t) and has pulse width 7b (Fig. 2.9). Also, suppose that some or all 
of the RF pulse is stretched so that the new pulse width is T > To. To maintain 
the flip angle, the RF amplitude is attenuated by a dimensionless reduction 
factor, which we call kit). For the example in Figure 2.9, kit) = 1, except in 
the region where the gradient amplitude is reduced, for which X(t) < 1. The 
process of stretching and attenuating the pulse is described by the mathematical 
transformation: 

Avr(0 = A.(OxAo(h) (2-40) 

where the variable u 



-- j \(t')dt' 



can be interpreted as undilated time. The normalization of A V r(0 in Eq. (2.40) 
can be verified by comparing the flip angles produced by the original and VR 
pulses. We examine the important special case of a real, nonadiabatic pulse 
here; a more general derivation that covers the adiabatic pulses is given in Con- 
oily et al. (1991). Also, to agree with the convention adopted for RF k- space 
stated in Section 5.4, we assume that the integrations begin at the end of the 
pulse Tend, which we set to t = 0, and then proceed to the left. The flip angle 
for the VR pulse for on-resonance spins is: 

T T 

Y f A VR (0 dt = y I k{t) A (u(f )) dt (2.42) 
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Equation (2.41) implies du = X(t)dt. Substituting this relationship into 
Eq. (2.42) demonstrates that the flip angles are equal: 

T T 

y [ A VR (0 dt = y [ Ao(«) du (2.43) 



The widths of the original and the VR pulses are related by: 

T 

Ti-/ «.')*■ or r = ^ (2 . 4 4) 



where (X(t)} is the time average of the dimensionless reduction factor. 
Equation (2.43) indicates that the area underneath the RF envelope is con- 
served. This is true not only for the entire pulse, but also for any segment of the 
pulse. Whenever the RF pulse amplitude is reduced in the process of VR modi- 
fication, the RF pulse width is stretched accordingly to maintain the same area. 
The slice-selection gradient amplitude must also 'dip' by the reduction 
factor X{t) to account for the instantaneous variation of the RF bandwidth 
due to the stretching of the RF waveform. We can define instantaneous or 
time- varying bandwidth Af(t) to be the RF bandwidth that would result if 
the entire pulse were stretched by the value of the reduction factor at time 
t,X(t). Recall the RF bandwidth is inversely proportional to the duration of the 
pulse, so adapting Eq. (8.53) from Section 8.3 to account for the time- varying 
RF bandwidth Af(t): 

(2.45) 



where A/o and Go are the bandwidth and slice-selection gradient amplitude 
of the original pulse, respectively, and Az is the slice thickness. 

RF k-Space Interpretation and Dwell Factor The expression for the VR 
pulse in Eq. (2.40) has an elegant interpretation when the concept of the RF 
k-space is employed. As defined in Section 5.4 on spatial-spectral pulses, the 
RF k-space is related to the area under the slice-selection gradient by: 



k{t) 



■£/"«'> 
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Substituting the time-varying gradient amplitude from Eq. (2.45) yields: 

yGo , 



k(t) = 



2iz 



j \{t')dt' 



(2.47) 



Using Eqs. (2.41) and (2.47) and recognizing that k(t) is proportional u(t), 
Eq. (2.40) can be recast as: 



In dk 

Avr(0 = -pr A (k) — 

yGo dt 



(2.48) 



For small flip angle excitation pulses the slice profile is given by the Fourier 
transform of the RF envelope. Adapting Eq. (3.14) from the section on excit- 
ation pulses to account for the time-dependent slice-selection gradient G(t), 
the slice profile for small flip angles is: 



■zfG(s)ds 



Substituting Eqs. (2.46) and (2.48) into Eq. (2.49) yields: 



ItxMq 
Go 



r -iyzjG(s)ds 

Av R (t')e o df 



A (k)e~ l7llkz dk 



(2.50) 



Several inferences can be drawn from Eqs. (2.48) and (2.50). First, the 
factor (dk/dt) oc G(t) in Eq. (2.48) is a Jacobian required for the change of 
variables from t to k{t). (Jacobians factors are named after the German math- 
ematician Carl Gustav Jacob Jacobi, 1804-1851, and geometrically represent 
a ratio of differential lengths in ID integrals, a ratio of areas in 2D integrals, 
etc.; Kreyszig 1998, 482.) Because Jacobian factors cannot change sign, we 
can infer that whenever G(t) < (such as was encountered for spatial-spectral 
pulses) |G(0I must be used instead. Physically, \dk/dt\ is the dwell factor that 
is required to uniformly weight the RF k-space. When \G(t)\ is small, the tra- 
versal through k-space is slow, so the RF amplitude must be reduced in order 
to avoid overweighting that region. The analogous expression for traversal 
through a two-dimensional RF k-space is discussed in Section 5.1. 
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Second, comparing the integration expressions in Eq. (2.50) illustrates the 
value of the RF k-space concept. The integral on the upper line represents what 
is physically played, namely the VR pulse as a function of time. Note the very 
complicated functional dependence. The equivalent integral on the lower line 
represents a much simpler expression: the Fourier transform of the original RF 
pulse, which is known to yield the slice profile as originally designed. 

The situation represented in Eq. (2.50) is analogous to variable bandwidth 
during signal reception (discussed in Sections 14.3 and 16.1) — although the 
raw data plotted versus time will be stretched or compressed depending on 
the value of the receiver bandwidth, the k-space representation of the data is 
independent of the bandwidth. 

Off-Resonance Effects The design strategy represented by Eqs. (2.40) and 
(2.50) assumes on-resonance spins. In the presence of off-resonance effects, 
such as chemical shift / cs , Eq. (2.50) becomes: 



\M ± (z)\ = yM 



■ [2ti f C5 t'+yzfG(s)ds\ 



(2.51) 



The additional term in the exponential of Eq. (2.51) means that the expression 
for the resulting slice profile is more complicated (i.e., it is the convolution 
of the desired profile with the Fourier transform of e ~ l2n ^ t(k ^). This causes 
the slice profile to be distorted and the signal within the slice to be dephased. 
Conolly et al. (1991) show that the distortion tends to be lower for adiabatic 
pulses (which are typically both amplitude and phase modulated) than for 
pulses with only amplitude modulation. 

Figure 2.11a shows the slice profile of a RF pulse with nominal bandwidth 
of 2 kHz for spins that are on-resonance. For spins that are 400 Hz below the 
resonant frequency (i.e., roughly the fat-water chemical shift at 3 T), the entire 
slice profile undergoes a bulk shift equal to 400 Hz/2000 Hz = 0.2, that is, 
one-fifth of the slice width (Figure 2.11b). If the RF pulse is a VR pulse, 
however, in addition to the bulk shift of the slice profile there is also distortion 
(Figure 2. 1 lc). Figure 2. 12 schematically illustrates the origin of the distortion. 

VR to Minimize SAR For a given RF pulse width T, the RF power 
absorbed by the imaged object is given by: 



? oc / B\(i 



CHAPTER 2 Radiofrequency Pulse Shapes 




FIGURE 2.11 Bloch equation calculation of the slice profile of a VR SINC pulse with 
a bandwidth of A/ = 2 kHz, duration of T = 4 ms, and flip angle of 6 = 45° . (a) The 
on-resonance profile is identical to the profile that would have been produced by the 
original pulse, (b) The slice profile produced by the original pulse experiences a bulk 
chemical shift for spins that are 400 Hz below resonance, (c) The profile of the VR pulse 
experiences not only a bulk chemical shift, but also distortion for off-resonance spins. 
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FIGURE2.12 Schematic representation of the origin of the slice profile distortion cal- 
culated in Figure 2. 1 1 . As in Figure 2. 10, the gradients, RF bandwidths, and frequency 
offsets are properly scaled to produce the same on-resonance slice, Azw (diagonal bar 
pattern). The pulse programmer, however, has no control over the chemical shift, / cs , 
which is the same regardless of the gradient amplitude. Consequently, the two lipid 
slices Azfi (dotted pattern) and Azf 2 (vertical bar pattern) do not coincide. Note that 
Azf2 is further from Azw- In this diagram, the value of / cs has been exaggerated so 
that the slice profiles do not overlap. 

The SAR is minimized subject to the flip angle constraint: 
T 
= y J Bi(t)dt (2.53) 



when the RF envelope is a constant. The envelopes of most RF pulses (e.g., 
a SINC) have a single dominant peak, so they are hardly constant. The VR 
method, however, presents the opportunity to flatten out, or rectangularize, any 
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RF pulse so that it deposits the minimum possible SAR. With this strategy, X(t) 
is chosen to be approximately proportional to the inverse of the RF envelope; 
that is, X(t) < 1 is used for the pulse peak, and X(t) > 1 is used for the side 
lobes. (A ceiling value must be placed on X(t) so that it does not diverge at the 
zero-crossings of the RF pulse.) All the mathematical analysis of the previous 
subsections remains valid when X (?) > 1. 

Minimum power VR pulses have not been commonly used, however, 
mainly because their off-resonance profiles tend to be poor. More commonly, 
an additional constraint is added — namely, X(t) cannot differ from 1 by more 
than a predetermined amount. More design details are provided in Conolly 



Spatial Offset The VR pulse given in Eq. (2.40) yields a slice centered 
at gradient isocenter, z = 0. Just as with spatial-spectral pulses, to offset the 
slice by a distance Sz away from isocenter, the pulse is phase (or frequency) 
modulated by: 

A VR (t, S Z ) = e -iy*zfGtf)d,' Avr(;> 8z = 0) = e - lY G s z {W)d t > AvR(f j Sz = 0) 

(2.54) 

Figure 2. 10 schematically illustrates why the time-dependent frequency offset 
is directly proportional to G{t). Equation (2.54) also indicates that the fre- 
quency modulation must match the actual time- varying gradient. Any deviation 
will cause slice profile distortion and intraslice signal dephasing, resulting in 
a slice intensity that varies with slice offset Sz. The offset slice profile also 
experiences the same slice distortion from chemical shift effects as depicted 
in Figure 2.11. 

2.4.2 Practical Considerations 

VR pulses can be generated by many methods. One procedure is to use the 
following steps. 

1. Choose an original RF envelope Ao(t) that has a duration Tq and the 
desired slice profile. 

2. Choose a function X(t) that dips near the peak of the RF pulse. 

3. Calculate the pulse width T based on 7b and X(t) using Eq. (2.44), 
and check that the calculated value of T is acceptable for the pulse 
sequence application (in terms of minimum TE, TR, or echo spacing). 
If T is too long, either go back to Step 1 and decrease 7b, or go back 
to Step 2 and make the dip in X(t) less severe. 

4. Generate the pulse according to Eq. (2.40), using numerical integration 
and an interpolation method such as cubic splines. 
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5. Numerically calculate the slice profile of the pulse with the Bloch 
equations on-resonance and for various values of / cs that might be 
encountered in practice (e.g., the lipid frequency shift at the field 
strength of interest.) 

6. Increase or decrease the degree of the dip in X(t) depending on the 
results of Step 5. 

7. Repeat Steps 2-6 until an acceptable Avr(0 is achieved. 

Other more sophisticated design procedures are provided in Conolly et al. 
(1988, 1991). 

The VR design principles are quite useful in reducing the RF power depos- 
ition of adiabatic pulses. For example, the adiabatic inversion pulse based on 
hyperbolic modulation functions (see Section 6.2) can be reshaped using the 
VR design to minimize the RF power deposition at the expense of prolonged 
pulse width. Conolly et al. (1991) describes an adiabatic inversion pulse with 
a bandwidth of 2.6 kHz and a pulse width of 5.376 ms. 

Like spatial-spectral pulses, VR pulses are sensitive to system imper- 
fections such as mismatches between the RF and gradient group delay, and 
gradient eddy currents, especially for slice locations far from isocenter. Sim- 
ilar correction methods can be applied. It should be noted that the performance 
and design strategies of VR pulses also depend on field strength. In the range 
of clinical field strengths (i.e., 0.2-3.0 T), the RF power deposition scales 
approximately as the square of the Bo field. Thus, the need for VR pulses 
increases with increasing B(>. The chemical shift, / cs , however, also increases 
linearly with Bq. so the VR design becomes more difficult. 
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3.1 Excitation Pulses 

Excitation pulses tip the magnetization vector away from the direction of 
the main magnetic field B (Joseph et al. 1984; Hoult 1980; Pauly et al. 1991). 
Magnetization aligned with B does not create any MR signal, but once a 
component of the magnetization lies in the transverse plane, an MR signal can 
be detected. Therefore every MR pulse sequence uses at least one excitation 
pulse. Excitation RF pulses can be applied either adiabatically (Section 6. 1 ) 
or nonadiabatically. This section focuses on nonadiabatic excitation pulses. 

The excitation pulse is implemented by switching on (i.e., pulsing) the 
RF field modulation envelope, denoted by B\(t), for a short time (typically 
200 |xs to 5 ms). This range is short enough so that Ti and T2 relaxation during 
the pulse typically can be neglected for proton MRI. Excitation pulses are 
characterized by their tip angle, ox flip angle, which we denote by the Greek 
letter theta (8). 8 is the angle between the direction of the main magnetic 
field, and the magnetization vector immediately after the excitation pulse is 
terminated (Figure 3.1). With the exception of adiabatic excitation pulses, the 
flip angle for on-resonance spins can be calculated by finding the area under 
the envelope of the RF field. Typically a flip angle of 8 = 90° is used for 
excitation pulses in spin echo pulse sequences, and a flip angle in the range of 
8 = 5-70° is used for gradient echo pulse sequences. 



CHAPTER 3 Basic Radiofrequency Pulse Functions 




FIGURE 3.1 A representation of an excitation pulse in the rotating reference frame. 
The magnetization vector M is initially aligned with the main magnetic field Bq, 
which lies in the z direction. An RF excitation pulse B\ (t) is applied along the x axis. 
After the magnetization rotates in the yz plane by the flip angle 6, the RF excitation 
pulse is switched off. 

Slice-selective excitation pulses are played concurrently with a slice- 
selection gradient (Section 8.3) to produce an excited section, or slice of 
magnetization. Hard pulses (Section 2.1) are short duration pulses, often 
rectangular in shape, that are played without an accompanying slice-selection 
gradient. A hard pulse typically excites all the magnetization that is coupled 
to the RF coil. 

The flip angle produced by an excitation pulse can vary across the selected 
slice. This results in a distribution of transverse magnetization when plotted 
versus either position or frequency. This distribution is called the slice profile. 
The plot of the flip angle can also describe the slice profile because the flip 
angle and transverse magnetization are related as shown by Eq. (3.16) later in 
this chapter. 

For small flip angles, the slice profile is approximated by the Fourier 
transform of the RF pulse. As illustrated in Figure 3.2, an ideal slice profile 
consists of a uniform flip angle within the desired slice (i.e., within the pass- 
band) and a flip angle of 9 = 0° outside (i.e., in the stopband). The transition 
region between the passband and stopband of an ideal slice profile has infinitely 
narrow width. The ideal slice profile cannot be achieved in practice because 
it requires an excitation pulse of infinite duration. Several approximations to 
the ideal slice profile, however, can be achieved with a variety of shaped RF 
pulses such as SINC pulses (Section 2.2) and SLR pulses (Section 2.3). 

3.1.1 Mathematical Description 

Block Equations and Flip Angle On-Resonance The flip angle pro- 
duced on-resonance (i.e., when the RF frequency matches the Larmor 
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l M ±l 



FIGURE 3.2 An ideal selective excitation pulse produces a uniform flip angle (and 
hence uniform transverse magnetization) within the passband of the pulse and a zero 
flip angle in the stopband (solid line). The width of the passband is equal to the slice 
thickness. The transition region of an ideal selective excitation pulse is infinitely narrow. 
Such an ideal slice profile cannot be produced in practice, but several effective approxi- 
mations are available, which yield a nearly uniform flip angle profile (dotted line). 



frequency) is: 



./*■( 



where y is the gyromagnetic ratio in units of radians per second per tesla, 
and B\ (t) is the RF modulation envelope, which is prior to t =0. By 
definition, the on-resonance condition is always met at the center of the slice 
profile (Note that chemical shift and magnetic susceptibility effects, which 
are neglected in Eq. 3.1., can shift the center of the slice). The integration in 
Eq. (3.1) is performed over the duration of the RF pulse, and the resulting flip 
angle is in radians. 

Example 3.1 A hard RF pulse has a rectangular-shaped envelope. Its pulse 
width is 100 (xs, and its flip angle (on-resonance) is 90°. What is its amplitude? 

Answer A rectangular envelope has a constant B\ (t) field. Recalling that 
90° = 7r/2 radians, substituting into Eq. (3.1) yields: 



-=yBix (100 x 10"° s) 



Tr(rad) 



2y(100n,s) 
= 58.7|xT 



< 2tt x 42.57 x 10 6 (rad/s • T) x 100 x 10" 6 (s) 



Equation (3.1) represents a linear relationship between the flip angle 
and the RF field. If B\ (t) is scaled by a factor of 2, the flip angle 9 also 
doubles. As is shown later in this section, the linear relationship between 
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B\ (t) and holds only under one of the following two conditions: (1) for on- 
resonance excitation or (2) for small flip angles (i.e., 6 < 1 rad). In general, 
the response of the flip angle and the magnetization to RF excitation is quite 
nonlinear. 

Equation (3.1) can be readily derived by considering the Bloch equations 
in the rotating reference frame. Equation (1.79) in Section 1.2 states that when 
relaxation effects are neglected and the angular frequency of the rotating frame 
is chosen to match the RF frequency, the Bloch equations for an RF pulse 
applied in the x direction become: 






--yM > 



-t)] 



(3.2) 



In this section, all of the analysis is carried out in that rotating frame, so the 
"rot" subscript is dropped. Defining an angular frequency offset, 

Aco = y Bq — <y,f (3.3) 

n vector form, can be expanded into three scalar equations: 



Eq. (3.2), which is 



dM x 
~dT ' 

dM y 
~dT ' 



A(i) My 

YBi(t)M z - 



AcoM x 



(3.4) 



dM z 
~dT 



-YBx{t)M y 

We note that Eq. (3.4) can equivalently be expressed in the vector-matrix form: 
Aco 



dM 
It'' 



:JRM 



9t = 





-Act) 













(3.5) 



which has the solution: 



t-m + -m 2 t 2 



where I is the identity matrix. For analyzing excitation pulses, we generally 
choose the initial conditions M x = 0, M y = 0, and M z = Mq at t = 
because the magnetization is initially aligned with the main magnetic field 
(i.e., the z direction). If Eq. (3.4) is further simplified by specifying that the 
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RF frequency matches the Larmor frequency (i.e., 
set of equations in (3.4) is: 



Aa» = 0) the solution to the 



M y (t) = M Q sin | y / B x {t')dt' 



M z (t) = Mo cos 



-h" 



Equation (3.7) simply states that, on-resonance, the magnetization precesses 
in the yz plane of the rotating frame (Figure 3.1), and the accumulated flip 
angle is given by Eq. (3.1). At the end of the pulse, Eq. (3.7) can be expressed, 
in terms of the flip angle 9, as: 

M x = 

M y = Mo sin 9 (3.8) 

M z — Mq cos 9 

More generally, spherical coordinates can describe an arbitrary orientation 
of the magnetization vector. In that case the flip angle 9 is the same as the polar 
angle, and <f> represents the azimuthal angle that the transverse magnetization 
makes with the x axis: 

M x — Mo cos <f> sin 9 

My = Mq sin (f> sin 9 (3.9) 

M z = Mq cos 9 

In general, <f> ^ 90° except for the special case of on-resonance excitation 
(Aco = 0). Although we have assumed that the B\ field is applied along the 
x axis in the rotating frame, similar results can also be obtained for B\ field 
applied along other directions in the transverse plane. For example, when the 
B\ field is applied along the y axis, the magnetization vector is rotated in the 
(z, —x) plane and Eq. (3.9) becomes: 

M x = —Mq sin <f>' sin 9 

M y = M cos(p'sm9 (3.10) 

M z = Mo cos 9 

where 4>' is the angle between the transverse magnetization and the y axis. 
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Fourier Transform Approximation Except at the center of the selected 
slice profile, we cannot assume that the spins are exactly on-resonance. There- 
fore, in general, we cannot set Aw = in Eq. (3.4). Instead, defining the 
complex transverse magnetization: 



M x = M x + iM y 
the first two equations in (3.4) can be reexpressed a 
dM L 



(3.11) 



dt 



iAa)M ± + iyBi(t)M z (t) 



With the initial condition M± = at t - 0, Eq. (3. 12) has the solution (Joseph 
et al. 1984): 

M±(t) = iye~ iAwt f M z (t')Bi(t')e iAa "'dt' (3.13) 

o 
Thus the complex transverse magnetization is proportional to the inverse 
Fourier transform of the product of the applied RF field and the z component 
of the magnetization. For practical calculations, Eq. (3.13) is not very help- 
ful because M z (t) also changes throughout the RF pulse and is therefore not 
known. To a good approximation, however, for small flip angles M z (t) ^ Mo, 
in which case: 



M±(t) s» iyMoe ' 



\M ± (t)\ = J M* + M] « yM 
Combining Eqs. (3.9) and (3.15): 

±|M ± (/)| 



±fi% 



±JMJ + Ml 



Mo Mo 

because M z (t) «* Mo, 6 must be small and 

sin 6 (A<w) ^O(Aco) ^ ±y 



[ B\(t')e iAM 'dt 
I B x (t')e ihl 



(3.16) 



Bi(t')e iAa " dt' 
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(Although mathematically 9 and sin# can be either positive or negative, 
generally we chose the positive values because of the coordinate axis conven- 
tions that we have adopted.) Equation (3.17) states that, for small flip angles, 
the slice profile is approximately equal to the modulus of the inverse Fourier 
transform of the RF envelope. (Note the integration limits in Eq. 3.17 may 
be replaced by -oo to oo because B\ (t) is except during the pulse.) Equa- 
tion (3. 17) reduces to Eq. (3.1) on-resonance (i.e., when Aco = 0). The Fourier 
transform approximation (also called the linear approximation or the small flip 
angle approximation) given by Eqs. (3.16) and (3.17) generally holds quite well 
for flip angles up to 9 = 30° and severely breaks down only when 9 > 90°. 
This robustness is due to the second-order dependence of cos# on 6, which 
is related to the key assumption in the Fourier transform approximation (i.e., 
M z Rs Mo). That is, from Eq. (3.9): 

1 + •••) (3.18) 

Because the Fourier transform is a linear operation, deviations from Eq. (3.17) 
are known as nonlinearity in the Bloch equations. 

For example, Figure 3.3 shows a windowed SINC (Section 2.2), which is 
a commonly used excitation pulse, along with its slice profile plotted versus 
frequency offset for three values of the flip angle. (The plots show the slice 
profiles for M y (solid line) and M x (dotted line), which are related to 9 by 
Eq. 3.16.) At 9 = 30° the magnetization response is essentially equal to the 
Fourier transform of the SINC excitation pulse. At the center of the slice profile 
M y (Aco = 0) = M sin 30° = 0.5 M , and M x = 0, as predicted by Eq (3.7). 

At 9 = 90°, some nonlinearity in the Bloch equation emerges. There is a 
side lobe (marked with an arrow) near the transition band of the response. 
Still, the slice profile is reasonably uniform. At the center of the slice 
My (Aco = 0) = Mo sin(90°) = Mo, which is twice as large as the 9 = 30° case, 
andM,=0. 

At 9 = 150°, nonlinearity in the Bloch equations is quite pronounced. 
The shape of the slice profile is severely distorted. Also, a substantial amount 
of the magnetization lies outside the yz plane, as illustrated by the relatively 
high amplitude of M x , denoted by the dotted line. Despite this nonlinearity, at 
the center of the slice M y (Aco = 0) = M sin 150° — 0.5 M , and M x = 
as predicted by Eq. (3.7). 

To summarize, 9 is directly proportional to the amplitude B\ (/) of a non- 
adiabatic pulse under two conditions: on-resonance excitation (i.e., at the 
center of the slice profile) and small flip angle excitation. On the other hand, 
the transverse magnetization |MjJ is directly proportional to the amplitude of 
a nonadiabatic pulse only for small flip angles because sin 9 % only when 
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FIGURE 3.3 Nonlinearity of the Bloch equations. A windowed SINC excitation pulse 
is shown, along with the transverse magnetization responses (plotted versus angular 
frequency offset) at flip angles of 9 = 30°, 90°, and 150°. The solid line represents 
M y , and the dotted line represents M x . At 6 = 30° the response is approximately 
equal to the inverse Fourier transform of the excitation pulse. At 90° the effects of 
nonlinearity are emerging, as illustrated by the side lobe (arrow). At 150°, severe 
nonlinearity is apparent. At the center of the slice profile (on-resonance), the response 
given by M x = and M v = Mo sin 6, even at = 150° (arrow). 



<JC 1 rad. Because of the Bloch equation nonlinearity, SLR (Section 2.3) or 
iterative numerical methods rather than Fourier methods are usually used for 
RF pulse design when high-quality slice profiles are needed. 



Excitation as Resonance The RF excitation process is a resonance 
phenomenon, which contributes the R to the acronyms NMR (nuclear mag- 
netic resonance) and MRI. Mathematically, the resonance can be seen from 
Eq. (3.13). When the resonance offset Aco is large (in units of yB\), then the 
oscillation of the complex exponential in the integral causes cancellation, and 
hence zero M± and no MR signal. This same effect can be appreciated qualita- 
tively by considering the precession of the B\ field in relation to the precession 
of the magnetization. Only at or near resonance does B\ precess at the same 
rate as the magnetization, so that the magnetization is efficiently tipped. Also, 
recall that in the rotating frame the magnetization precesses about the effective 
magnetic field (see Section 1.2, Eq. (1.73)). On-resonance, the effective field 
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lies in the transverse plane and can effectively tip the magnetization away from 
the z axis. Far from resonance, however, the effective field is nearly aligned 
with the z axis and cannot create a large transverse component of the magnet- 
ization, regardless of the duration of the pulse. This property is exploited in 
adiabatic pulses to induce adiabatic excitation (Section 6.1). 



3.1.2 Practical Implementation 

Commonly used selective RF excitation pulses include SINC pulses (Sec- 
tion 2.2) and a variety of Shinnar-Le Roux (SLR) pulses (Section 2.3). 
Selective excitation pulses are used in conjunction with a slice-selection gradi- 
ent (Section 8.3). Nonlinearity of the Bloch equations has an effect on the slice 
profiles of all of these pulses. SLR pulses account for that nonlinearity in their 
design, but it is important to remember that each SLR pulse is designed to 
be played at a specific flip angle and that if a different flip angle is selected 
the slice profile will deviate from its design. Short-duration rectangular hard 
pulses (Section 2. 1 ) are also used when no slice-selection gradient is required, 
such as in some 3D volume acquisitions. 

In addition to the flip angle and RF bandwidth (see Section 8.3 on slice 
selection), an important parameter of a selective excitation pulse is its isodelay 
At\. After the selective RF pulse is played along the x axis, the transverse 
magnetization at different spatial locations will generally not lie exactly along 
the y axis in the rotating frame because of precession caused by the slice- 
selection gradient. Instead there will be phase dispersion (or variation of the 
azimuthal angle <f>) across the slice. The isodelay is the effective precession or 
dephasing time that results in this phase dispersion. The purpose of the slice- 
rephasing gradient pulse is to refocus this slice dispersion to the maximal 
extent possible (Hutchinson et al. 1978). The isodelay parameter At\ is used 
to calculate the optimal area of the slice-rephasing gradient. The isodelay is 
therefore the amount of time, measured from the end of the pulse, to include 
in the refocusing calculation. For example, in Figure 3.4: 

G : At ] + C ^ = A R (3.19) 

where A R is the area of the slice-rephasing lobe, including its ramps (shaded 
in Figure 3.4). Once the value of the area of the rephasing pulse is known, 
the details of its amplitude, plateau, and ramps can be determined using the 
methods of Section 7.1. 

Generally the isodelay corresponds to the amount of time from the peak to 
the end of the RF excitation pulse. For SINC and linear-phase SLR pulses the 
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Figure 3.4 The isodelay A?i is a parameter of an RF excitation pulse that is used 
in Eq. (3.19) to calculate the optimal area of rephasing gradient lobe (shaded). The 
isodelay is approximately equal to the time from the peak to the end of the RF excitation 
pulse. 



isodelay is nearly equal to one-half the RF pulse width. For minimum-phase 
SLR pulses the isodelay is much smaller than one-half the pulse width, which 
allows for shorter slice-rephasing lobes and hence reduced minimum TE. On 
the other hand, for maximum-phase SLR pulses the isodelay is greater than 
one-half the pulse width. Because of the nonlinearity of the Bloch equations, 
isodelay can depend on flip angle. Because the variation is typically only on 
the order of tens of microseconds, this dependence is often neglected. 
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3.2 Inversion Pulses 

An inversion pulse nutates the magnetization vector from the direction 
of the main magnetic field Bq (i.e., the positive - axis by convention) to the 
negative Bq direction (Figure 3.5a). Although an inversion pulse nominally 
rotates the magnetization vector by 180° about an axis in the transverse plane 
(i.e., the xy plane), the flip angle can be slightly larger or smaller either by 
design or due to system imperfections. A non-180° pulse can still function 
as an inversion pulse, as long as it results in a magnetization vector whose 
c component is negative at the end of the pulse. 

Inversion pulses can be categorized according to a variety of properties, 
such as pulse shape, spatial selectivity, spectral selectivity, and adiabaticity. 
These categories are not mutually exclusive. For example, a SINC-shaped 
inversion pulse can be used for spatial or spectral selection. Common inver- 
sion pulse shapes include SINC, minimum or linear phase SLR, rectangular, 
Gaussian, adiabatic hyperbolic secant, variable-rate, and composite. These 
pulse shapes are discussed individually in other sections of this book. The 
selectivity of an inversion pulse is determined by both its pulse shape and 
the pulse width. Inversion pulses with constant RF amplitude (i.e., rectangu- 
lar or hard pulses) are typically nonselective, whereas amplitude modulated 
pulses are usually frequency selective. If a frequency selective inversion pulse 



(b) 



M(0) 








My \ 


5*1(0*/ 


\ 


1 


M z 


„\ 


"m(T) 



FIGURE 3.5 Time evolution ofon-resonance magnetization during anmversion pulse 
in an RF rotating reference frame. The initial magnetization vector M(0) is aligned 
with the main magnetic field Bo, which lies along the ; axis. An RF inversion pulse 
B\ (t) that is applied along the v axis rotates the magnetization vector in the v; plane 
about the x axis, (a) At the end of the pulse (i.e.. at time 7"), the magnetization M( T) is 
aligned along the negative - axis, provided that the flip angle is 180°. (b) When the flip 
angle deviates from 180°, the inversion is incomplete and a transverse magnetization 
My is produced. 
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is played out concurrently with a slice-selection gradient, then it becomes spa- 
tially selective; otherwise, it exhibits spectral selectivity. In this section, we 
focus primarily on nonadiabatic inversion pulses; a discussion of adiabatic 
inversion pulses is given in Section 6.2. 

Inversion pulses share many properties with refocusing pulses; for 
example, their nominal flip angles are both 180°. Unlike the initial condition 
assumed for refocusing pulses, however, the magnetization vector is aligned 
along the z axis prior to an inversion pulse. Nonadiabatic, linear phase (e.g., 
SINC or linear phase SLR) inversion pulses and refocusing pulses are nearly 
interchangeable. For example, there is only a slight difference in frequency 
response between inversion and refocusing SLR pulses (Pauly et al. 1991). It 
is worth noting, however, that a refocusing pulse is typically accompanied by a 
crusher gradient pair (Section 10.2), whereas an inversion pulse is usually fol- 
lowed by a spoiler gradient to dephase any residual transverse magnetization 
(Section 10.5). 

Inversion and excitation pulses share the same initial condition (i.e., the 
magnetization is initially aligned with the Bq field). An excitation pulse, how- 
ever, results in substantial transverse magnetization, whereas an ideal inversion 
pulse produces none (Figure 3.5a). A nonselective inversion pulse can be 
obtained by increasing the flip angle of a nonselective excitation pulse to 180°. 
A tailored selective inversion pulse (such an SLR pulse), on the other hand, 
usually cannot be obtained by simply increasing the flip angle of an excitation 
pulse. 



3.2.1 Mathematical Description 

Consider a magnetization vector M at equilibrium with a magnitude of Mq : 





According to Eq. (3.5), the time evolution of M during an RF pulse applied 
along the x axis can be calculated by solving the following Bloch equations in 
the rotating reference frame: 



dM x /dt 
dM x /dt 
dM-Jdt 

where Aco is the off-resonant frequency and B\ is the RF magnetic field of the 
pulse. In Eq. (3.21), we have neglected the relaxation effects, and assumed an 
RF rotating reference frame defined in Section 1.2. 
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As shown in Section 3. 1 , in the on-resonance case (Aw — 0) the magneti- 
zation simply precesses about the B\ direction in the yz plane (Figure 3.5). The 
evolution of the magnetization can be described using the following equation: 



M(t) = Mo 





cos 0(0 sin 0(0 
-sin 0(0 cos 0(0 



0(0 = y / B\(t')dt' 



The angle (t) is the instantaneous flip angle during the RF pulse and is directly 
proportional to the time integral of the B\ field. At the end of an ideal inver- 
sion pulse (i.e., t = T), 9{T) equals tt (or 180°) and the magnetization is 
inverted. When the flip angle deviates from 180°, the magnetization inversion 
is incomplete, resulting in nonzero transverse magnetization along the y axis 
(Figure 3.5b). 

Equations (3.22) and (3.23) are valid only for spins exactly on-resonance. 
For off-resonance spins (i.e., Aco ^ 0), the evolution of the magnetization can 
be obtained by numerically solving the Bloch equations as outlined in Slichter 
(1989). With the off-resonance term, the time evolution of M v now depends 
on My (i.e., dM x /dt = AcoM y , as implied by Eq. 3.21). Because M v is not 
zero throughout the inversion pulse, a nonzero M x component is inevitably 
produced. This reduces the magnitude of the longitudinal magnetization at the 
end of the pulse. 

The off-resonant effect also can be graphically analyzed using the concept 
of effective magnetic field introduced in Section 1.2. With the off-resonance 
term, the effective magnetic field B eff is tilted away from the x axis toward 
the z axis (Figure 3.6). The magnetization vector rotates about £ e ff, instead 
of the x axis, resulting in a nonzero M x component (Figure 3.6). A nonzero 
M v component is also produced unless the flip angle at the end of the pulse (i.e., 
Y fo B eft (t)dt) is exactly 180°. 

The off-resonance term arises from a number of sources, including the 
slice-selection gradient, chemical shift, magnetic field inhomogeneity, and 
magnetic susceptibility variations. Although certain sources (e.g.. magnetic 
field inhomogeneity) can be reduced through system calibration and compens- 
ation, sources such as the slice-selection gradient and chemical shift cannot be 
eliminated. Thus, the off-resonant effects should always be carefully examined 
when designing inversion pulses. 
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FIGURE 3.6 The effect of resonance offset on an inversion pulse. With the off- 
resonance term, (Aai/y); (where z is a unit vector long the z axis), the effective 
magnetic field becomes B e ff (') = 61 (') + (Aw/y);. The magnetization vector rotates 
about fl e ff(f), resulting in a transverse component along the x axis even with a 180° 
flip angle. The O and ® symbols schematically represent the head and tail of an arrow, 
respectively, to illustrate the path of the magnetization vector. These symbols indicate 
that the precession is such that the head of M(Q) moves into the page and the head of 
M(T) moves out of the page. 



3.2.2 Practical Considerations 

Selective Inversion Pulses The simplest approach to designing a selec- 
tive inversion pulse is to choose the time-domain pulse shape as the Fourier 
transform of the desired spatial or spectral profile. For example, a SINC pulse 
(or a windowed SINC pulse as discussed in Section 2.2) together with a constant 
gradient can be used to approximate a rectangular slice profile. Due to the 
nonlinearity in the Bloch equations at large flip angles, however, the Fourier 
transform approximation produces errors in the targeted slice profile (Pauly 
et al. 1 99 1 ). Although SINC inversion pulses are still used in some applications, 
they have been largely replaced by tailored RF pulses, such as SLR pulses 
(Pauly et al. 1991) and pulses generated using optimal control theory (Mao 
et al. 1986), or by selective adiabatic inversion pulses, such as the hyperbolic 
secant pulse (Silver et al. 1984). 

SLR inversion pulses can considerably improve the quality of slice (or 
spectral) profile and allow trade-offs among a number of parameters, including 
the width of the transition regions, ripples within the slice, and ripples outside 
the slice. The details on how to design SLR pulses are given in Section 2.3 
and Pauly et al. (1991). Once the pulse has been designed, the actual slice 
inversion profile can be obtained by numerically solving the Bloch equations 
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FIGURE 3.7 (a) A linear-phase SLR inversion pulse, (b) The frequency (or slice) 
profile of the SLR pulse, (c) A SINC inversion pulse with a symmetric Hamming 
window, (d) The frequency (or slice) profile of the SINC pulse. Both pulses have the 
same bandwidth of 1 .28 kHz and the same pulse width of 3.2 ms. The SLR pulse is 
designed with passband ripple = 0.5% and stopband ripple = \%. The abscissa is 
displayed in kilohertz, but can be converted to distance (e.g., centimeters) if a slice- 
selection gradient with known amplitude is applied. The B\ field is in arbitrary units, 
and the M : axis is in units of Mq. 



r by a forward SLR transform: 



= Af (l 



where /3 is one of the Cayley-Klein parameters defined in Section 2.3. 
An example of a linear-phase SLR inversion pulse and its slice profile is 
shown in Figure 3.7a-b. Its design parameters are pulse width = 3.2 ms, 
bandwidth = 1 .28 kHz (full-width at M : = 0), ripples in the passband = 0.5%, 
ripples in the stopband — 1%, and flip angle = 1 80°. Compared to a Hamming- 
windowed SINC inversion pulse with identical pulse width, bandwidth 
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(also defined as full-width at M z =0), and flip angle (Figure 3.7c-d), the 
SLR inversion pulse clearly produces a more uniform slice profile. 

The difference between the two pulses can be understood by recognizing 
that the SINC pulse is essentially the Fourier transform of an ideal rectangular 
profile. As such, the SINC pulse makes an effective excitation pulse because 
the slice profile in that case is proportional to |j8|. (Note that |)3| is approxi- 
mately proportional to the magnitude of the Fourier transform of an excitation 
RF pulse under the small flip angle approximation; Pauly et al. 1991.) The 
slice profile of an inversion pulse, however, is given by Eq. (3.24), which con- 
tains a \P\ 2 term. The squaring operation tends to make the slice profile of the 
SINC more sharply peaked (i.e., pointy) as shown in Figure 3.7d. During the 
SLR design of an inversion pulse, however, the distortion of the profile due to 
squaring operation is accounted for in the design of /?, so the final profile has 
a flatter response over the inverted spatial region as shown in Figure 3.7b. 

Excellent slice profiles can also be obtained using a selective adiabatic 
inversion pulse. An example is the hyperbolic secant pulse discussed in Sec- 
tion 6.2. This pulse has a simple analytical form and exhibits a large degree 
of immunity to B\ field variations. This is in sharp contrast to SLR inversion 
pulses designed only for specific flip angles. 

Similar to selective excitation and refocusing pulses, the dimensionless 
time-bandwidth product {T A/) is an important parameter for designing selec- 
tive inversion pulses. T Af is typically chosen between 2 and 8. Increasing 
TAf improves the spectral or spatial profile, but results in a longer pulse width 
(with bandwidth fixed). If an inversion pulse is used for spatial selection, the 
required gradient amplitude can be calculated as shown in Example 3.2. 

Example 3.2 An SLR inversion pulse has a time-bandwidth product of 4 and 
a pulse width of 3.2 ms. If this pulse is used to invert a 5 mm slice, what is the 
amplitude of the slice-selection gradient? 

Answer The bandwidth of the pulse is Af = 4/(3.2 ms) = 1.25 kHz. The 
slice-selection gradient amplitude can be calculated using Eq. (8.52) (see 
Section 8.3): 



2ttA/ In x 1.25 kHz 



yAz In x 42.57 kHz/mT x 0.005 n 



- =5.87mT/m 



Nonselective Inversion Pulses Nonselective inversion pulses, also known 
as hard pulses, are typically rectangular in shape with a short pulse width 
(e.g.. from a few to several hundred microseconds) to ensure a broad fre- 
quency response. In practice, depending on the hardware, ramping up and 
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ramping down periods for the RF pulse also might be required, as discussed 
in Section 2.1. Because the area of the inversion pulse must satisfy: 



a shorter pulse width requires a larger B\ amplitude. The minimum pulse width 
is typically determined by the maximum power that an RF coil can receive and 
sustain. It is interesting to note that the shortest hard pulse width also depends 
on the type of nucleus to be inverted. For spins other than protons, such as 
23 Na and 3I P, the gyromagnetic ratio is considerably smaller than that of *H. 
Thus, sodium or phosphorus imaging requires a longer pulse width to reach 
1 80° inversion. 

Example 3.3 An RF coil can produce a maximum B\ field of 250 uT. What 
is the shortest pulse width for a rectangular nonselective pulse to invert proton 
and 23 Na magnetization, respectively? (Neglect RF ramps on the hard pulse.) 

Answer According to Eq. (3.25), the pulse width for a rectangular inversion 
pulse is T=n/yB\ . For proton and 23 Na spins, y = In x 0.04257 kHz/uT 
and y =2it x 0.01 126kHz/uT, respectively. Thus, the corresponding pulse 
widths are: 

T H = n/(2n x 0.04257 kHz/|iT x 250 uT) = 47.0 us 
T m = 7t/(2jT x 0.01 126 kHz/uTx 250uT) = 178 us 



3.2.3 Applications 

Inversion pulses have many applications in MRI. An inversion pulse fol- 
lowed by a delay time TI can be appended to the front of an excitation pulse 
to nullify a specific tissue with a distinct T\ relaxation time. This approach is 
employed in short tau inversion recovery (STIR) (Bydder and Young, 1985) 
and spectra] inversion at lipids (SPECIAL) (Foo et al. 1994) to suppress lipid 
signals and in fluid attenuated inversion recovery (FLAIR) (Hajnal et al. 1992) 
to eliminate hyperintense signals from cerebrospinal fluid. An inversion pulse 
can also be incorporated into a pulse sequence to alter the T\ contrast in an 
image. This technique is sometimes referred to as inversion recovery prepar- 
ation (IR-Prep) or magnetization preparation (MP) (Mugler and Brookeman 
1990). In addition, inversion pulses are widely used in measuring the tissue T\ 
relaxation times and in tissue perfusion as described in Section 1 7. 1 , 
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3.3 Refocusing Pulses 

The transverse magnetization excited by an RF pulse usually consists of 
contributions from many spin isochromats. Due to applied imaging gradi- 
ents, local magnetic field inhomogeneity, magnetic susceptibility variation, or 
chemical shift, these spin isochromats have a range of precession frequencies. 
Some precess faster than the average Larmor frequency, while others precess 
slower. This produces a phase dispersion (or fanning out) among the spin 
isochromats (Figure 3.8). A refocusing RF pulse rotates the dispersing spin 
isochromats about an axis in the transverse plane so that the magnetization 
vectors will rephase (or refocus) at a later time. The refocused magnetization 
is known as an RF spin echo, or simply a spin echo (Hahn 1950). 
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FIGURE 3.8 Time evolution of two spin isochromats It and W in the rotating reference 
frame, demonstrating the effect of the refocusing pulse, (a) The initial magnetization 
vectors for both spin isochromats are aligned with the main magnetic field So (i.e., 
the - axis), (b) After an RF excitation pulse S] ex (r) applied along the x axis, both 
magnetization vectors are rotated onto the y axis, (c) Because of off-resonance effects, 
h processes faster than the frequency of the reference frame (i.e., clockwise rotation), 
while A' processes slower (i.e. .counter-clockwise rotation), (d) When a 180° refocusing 
pulse is applied, h and h' are rotated by 180° about the y axis, (e) Following the refo- 
cusingpulse^A and ti continue to precess as indicated by the arrows, (f ) After a delay 
time, h and W meet at the y axis, forming a spin echo. The transverse magnetization 
vectors are diminishing in size due to T 2 decay. 



Refocusing RF pulses commonly have a flip angle of 180°. At this flip 
angle, the transverse magnetization is optimally refocused and the largest spin 
echo signal is produced. Pulses with flip angles other than 1 80° are also capable 
of refocusing the transverse magnetization vectors, although the refocusing 
is only partial. When multiple non-180 refocusing pulses are applied in a 
sequence, stimulated echoes can be produced. This phenomenon is described 
in Section 16.4. 

Many types of pulses can be used for refocusing. including, but not lim- 
ited to. rectangular (hard), SINC. SLR, composite, adiabatic, or variable-rate 
pulses. A refocusing pulse can be spatially selective, spectrally selective, or 
nonselective. Common spatially selective pulses include SINC pulses and 
SLR pulses, whereas nonselective pulses are almost exclusively rectangular 
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in shape. These refocusing pulses are discussed later in this section. Adia- 
batic refocusing pulses belong to a special class of pulses that can provide 
excellent immunity to B\ field variations, but require somewhat longer pulse 
widths (e.g., 8 ms) and typically deposit more RF power. They can be used as 
nonselective refocusing pulses, as detailed in Section 6.3. 



3.3.1 Qualitative Description 

Figure 3.8a shows the magnetization vectors (h and h') associated with 
two spin isochromats. Immediately after a 90° excitation pulse, h and h! are 
both nutated to the y axis, as shown in Figure 3.8b. Consider the time evolution 
of h and h' in a rotating reference frame whose frequency is set to the average 
Larmor frequency of h and h'.lfh and h' both have the same Larmor frequency, 
they will appear stationary in this rotating frame. If, however, h precesses 
slightly faster and h' slightly slower than the average Larmor frequency, the two 
vectors will precess in opposite directions as viewed from the rotating frame 
(Figure 3.8c). When a 180° refocusing pulse B\ is applied along the y axis, 
both h and h' will be rotated about the y axis by 180° (Figure 3.8d). After 
the refocusing pulse is terminated, the two magnetization vectors continue to 
precess as before (Figure 3.8e) and rephase (or refocus) after a time delay as 
shown in Figure 3.8f. Therefore, an RF spin echo is produced. 

This discussion assumes that the refocusing RF pulse is applied along the 
>' axis and has a flip angle of 180° but refocusing pulses still function even if 
these assumptions are relaxed. For example, a refocusing pulse can be applied 
along the x axis, in which case the magnetization will be refocused along 
the negative y-axis instead. In fact, the refocusing pulse can be applied along 
any direction in the transverse plane as shown in Example 3.4. In addition, 
an RF spin echo can still be formed if the flip angle deviates from 180°, as 
quantitatively shown in the next subsection. 

Example 3.4 Assuming that a 90° excitation and a 1 80° refocusing pulse 
make angles a \ and ai with the positive x axis in the rotating reference frame, 
respectively, prove that magnetization is refocused along a direction at an angle 
2cn - a i - 90° with respect to the .v axis. 

Answer Let us consider the magnetization vectors and the B\ field for the RF 
pulses in the transverse plane. Further, let us assume that both RF pulses are 
applied on resonance. At the end of the excitation pulse B\ ex , the magnetiza- 
tion vector M ex is nutated to the transverse plane in a direction perpendicular 
to Bi.ex, as shown in Figure 3.9a. Because M ex -LB].ex- the angle between 
M ex and the y axis is also ot\. From Figure 3.9b, it can be seen that the angle 
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FIGURE 3.9 A top view of the transverse plane, showing the tr 
and B\ fields used in Example 3.4. (a) Magnetization vector M ex after the 90° excit- 
ation pulse 5i. cx . (b) The 180° refocusing pulse Bi. re focus in relation to the excited 
magnetization M ex . (c) The refocused magnetization A/ re f 0CUS after the refocusing pulse. 



between M ex and the refocusing B\ field fi|. re fociis is: 

^ = o-i + (90° - a 2 ) (3.26) 

At the end of the RF refocusing pulse, M ex is rotated by 180° about /?i. re focus 
and the resultant magnetization vector becomes M re f ocus (Figure 3.9c). The 
angle between M re f cus and the x axis is: 



<p = a 2 - f 
Combining Eqs. (3.26) and (3.27), we obtain: 

<p = 2a 2 -a\ -90° 



(3.27) 



3.3.2 Mathematical Description 

Effects of a Refocusing Pulse on Magnetization In this subsection we 
analyze an isochromat of transverse magnetization as it undergoes excitation, 
precession, refocusing, and finally formation of an RF spin echo. Suppose the 
isochromat has magnetization Mo and resonance offset Aco = co - <w re f , where 
<w re f is the angular frequency of the rotating frame. The magnetization Mq can 
be expressed as: 



M (Aw) = Mo.total f(Aco)d(Aco) 



(3.29) 



where f(Aa)) is the normalized distribution function of the off-resonant 
frequency Aw (i.e., a spectrum of Aco) that satisfies: 



f{Aco)d(Aa)) = 1 
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and Mo.totai is the total magnetization. Immediately after an excitation pulse 
(flip angle = 0\ ) along the x axis, the magnetization of the spin isochromat 
can be described by: 



COS0[ 

(The argument of M is dropped for simplicity.) In general, M can have a 
different Larmor frequency co than the rotating frame frequency <x> re t -, leading 
to nonzero values of Aco. Because of this resonance offset, M precesses about 
the z axis as described by: 



M(Aco.t) = Mo 



„-'/h c 



-<I T '- sin 6\ sm(Aaot) 
ITl sin (?i cos(Awf) 



S0i 



(1 -e 



where the exponential terms account for the T\ and T 2 relaxation effects (see 
Eq. 1.67). If a refocusing RF pulse with a flip angle of 9 2 and a duration 
<£ T 2 is applied along the v axis, the magnetization immediately before 
(M(Aco, r_)) and immediately after (M(Aco, r+)) the refocusing pulse are 
related by a rotation matrix M v (#2): 



M(Ao>. t+) = ))\ y (9 2 ) M(Aco, r_) 



(3.33) 



where r is the time between the isodelay points of the excitation and the 
refocusing pulses with subscripts - and + indicating immediately before and 
after reaching the isodelay point of the refocusing pulse, and W v (#2) denotes 
a rotation about the y axis by 2 rad. Equation (3.33) can be equivalently 
expressed as: 



AMr+)l 




M V (T+) 


= 


M-JT+) 





cos 9 2 - s: 



M x (t-) 
MA*-) 
MAT-) 



Using Eq.(3.32), we have: 



MAT-) 




MAT-) 


= M () 


MAT-) 





e J l Jl sin 6*| sin(Aair) 
e - T l Jl sin 0i cos(Awt) 
- t / 7 'cos^i +(1 



. e -T/Ti 



Because we are primarily interested in the transverse magnetization, let us 
define a complex quantity M± that includes both components of the transverse 
magnetization (see Section 1.2.): 

M± = M x +iM y (3.36) 
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Using Eqs. (3.34)-(3.36), M ± at / = r + is found to be: 

M±(Aa), t+) = iM e- t/T2 sin6>, (cos 2 (0 2 /2) e~ iAwr + sin 2 (9 2 /2)e iAon ^ 

- M sin6 2 (l - (1 -costf,)^ 7 " 1 ) (337) 

After the refocusing pulse, the transverse magnetization will continue to 
precess about the z axis, as described by: 

M(A«,/) = 

■0-z)/t 2 (M. v (r+)cos(A«(r - t)) + M v (r+) sin (Aa>(t - r))) ' 
<-t)/t 2 (_M v( r+) sin (Aa>(t - r )) + M v (r + )cos (Aco(t - r))) 
M (l - e- { '- T) ' T ') + M z (T + )e- { '- J)ITl 

(3.38) 

where / is the total time elapsed since the isodelay point of the excitation 
pulse. Equation (3.38) indicates that the transverse magnetization continuously 
experiences T 2 decay while freely precessing with a frequency Acn. This is 
equivalent to modulating M±(Aco. r + ) with an amplitude e ~ { '" T ^ T2 and a 
phase e -<A«('- r > : 

M ± (Aco, t) = M±(Aoj. ^ + )£>- ( '- T) / 7 V-' Affl< '- r, 
= iM e-' /T2 sin#, cos 2 (0 2 /2) e _, ' Aa " 

+ iMoe~' /T2 sm6\ sin 2 (#2/2)<^' A<w( '~ 2r) 

- M e- { '- T)/T2 (l - (1 - cosei)e- r/T >)sm0 2 e- iAwU - T) 



Equation (3.39) has several implications. First, when 0\ = 90° and 2 — 1 80° , 
the transverse magnetization becomes: 

M L {Aco. t) | ei=90 o. 02=m o = iM Q e-' /T2 e- iAa,u - 2T} (3.40) 

Thus, at t — It, all spin isochromats point along the y axis (i.e., the imaginary 
axis in the complex plane), irrespective of their off-resonance terms Aco. The 
magnetization is rephased, or refocused, to its initial orientation (see Eq. 3.3 1), 
with the only effect being the T 2 relaxation. This indicates that a 180° pulse 
can effectively refocus the transverse magnetization and form a spin echo. 
Second, even when the flip angle 6 2 is not 180°, refocusing can still occur at 



90 
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t — - 2t as long as #2 ^ n x 360° (w = 0, ±1 , ±2, . . .), as can be seen from the 
second term of Eq. (3.39). When a non- 1 80° refocusing pulse is used, however, 
the magnetization is only partially refocused because of the weighting factor 
sin 2 (62/2). For example, if #2 = 90°, a spin echo with 50% of the maximal 
amplitude is produced. Finally, the first term in Eq. (3.39) represents a free- 
induction decay (FID) signal following the initial excitation pulse, whereas 
the third term originates from the longitudinal magnetization excited by the 
refocusing pulse when the flip angle is not 180°. 



Off-Resonance Effects Although we have considered the off -resonance 
effect in magnetization dephasing and rephasing before and after the refocusing 
pulse, this effect has not been accounted for during the RF pulse itself. For off- 
resonance spins, the effective magnetic field B e ff (Section 1.2) is tilted away 
from the transverse plane towards the z axis (or the negative z axis, depending 
on the sign of the off-resonance term), as shown in Figure 3.10. In addition, the 

amplitude of the effective field I B e ff = J B\ + (Ao>/y) 2 I becomes larger 



iff (0 



FIGURE 3.10 Off-resonance effects on a refocusing pulse. With the off-resonance 
term, Aco/yz (z is a unit vector along the ; axis), the effective magnetic field 
B e {f(t) = B\(t) + Aco/yz, is tilted away from the transverse plane and its amp- 
litude becomes larger than the applied B\ field. The magnetization vector rotates about 
Beff(0 by a flip angle 6, resulting in a longitudinal component even with 9 = 180° 
flip angle. The gray vector labeled with M(Aw. r_) represents an off-resonance spin 
isochromat immediately before the refocusing pulse, and the black vector labeled with 
M(Aa>, r + ) shows the position of magnetization immediately after the pulse. Because 
the effective flip angle exceeds 180°, refocusing of the magnetization vector is in 
general incomplete. 
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than the applied B\ field, increasing the flip angle to: 



\B ef f(t)\dt 



Therefore, off-resonant isochromats in the transverse plane will be rotated 
about the fi e ff axis by a flip angle larger than that for on-resonance spins. Spin 
refocusing becomes incomplete and a longitudinal magnetization component 
is produced even when = 180° (Figure 3.10). For spatially selective refo- 
cusing RF pulses, the off-resonance effect can be particularly severe due to the 
presence of imaging gradients. This effect must be considered when designing 
slice-selective refocusing pulses. More discussion on this topic can be found 
in Section 2.3. 

3.3.3 Practical Considerations 

Spatially Selective Refocusing Pulses A spatially selective refocusing 
pulse is accompanied by a slice-selection gradient so that only the spins within 
the selected slice experience the refocusing effect. A pair of crusher gradient 
pulses (Section 10.2) straddling the refocusing RF pulse is often included to 
improve the slice profile and to eliminate unwanted FID and stimulated echo 
signals caused by imperfections of the refocusing pulse. 

Spatially selective refocusing pulses are almost always amplitude modu- 
lated to produce a desired frequency profile. The resulting frequency profile 
is converted to a spatial profile by a linear gradient. A simple, but nonop- 
timal, approach for designing a selective refocusing pulse is to choose the 
time-domain pulse shape as the Fourier transform (FT) of the targeted spa- 
tial profile. The actual slice profile, however, can deviate considerably from 
the FT due to nonlinearity in the Bloch equations at large flip angles (e.g., 
~180°). This is demonstrated in Figure 3.1 1 for a SINC refocusing pulse with 
a Hamming window. The SINC pulse (Figure 3.11a) has a pulse width of 
3.2 ms and a time-bandwidth product of 4.0. The difference between the FT 
and the actual slice profile is seen by comparing Figures 3.11b and 3.11c. The 
slice profile can be improved when a crusher gradient is added to each side 
of the pulse (Figure 3.1 Id), as discussed in Section 2.2. It should be noted 
that the crusher gradient causes narrowing in the slice profile. In practice, 
this effect can be compensated for by empirically reducing the slice-selection 
gradient amplitude. In Figure 3. 1 1 , we have assumed that all the magnetization 
is aligned along the +y axis after an excitation pulse and the refocusing pulse 
is also along the +y axis. Thus, the slice profiles are more meaningful when 
combined with the profile of specific excitation pulse. 
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FIGURE 3.11 (a) A Hamming-windowed SINC pulse with time-bandwidth 
products 4 and pulse width = 3.2ms. (b) The Fourier transform of the RF pulse 
(only the magnitude is shown; the maximum amplitude is normalized to 1 ). (c) The 
slice profile without using crusher gradients (solid line: M v ; dashed line: M x ). (d) The 
slice profile with crusher gradients (solid line: M y ; dashed line: M x ). The v axes in (c) 
and (d) represent transverse magnetization in arbitrary units. 

In many commercial MRI scanners, SINC refocusing pulses have been 
largely replaced by tailored RF pulses, such as those designed using the SLR 
algorithm (Pauly et al. 1991) or optimal control methods (Mao et al. 1988; 
Conolly et al. 1986). SLR refocusing pulses can considerably improve the 
quality of the slice profile and allow trade-offs among a number of parameters 
including the width of the transition regions and ripples within and outside 
the slice. The details on how to design SLR refocusing pulses are given in 
Section 2.3 and Pauly et al. (1991). Once the pulse is designed, the actual 
slice profile can be obtained by numerically solving the Bloch equations or 
by a forward SLR transform. For an initial magnetization along the y axis, 
the transverse magnetization after a refocusing pulse with and without crasher 
gradient, respectively, is given by: 



M±(r) = iM p z 



(with crusher gradient) 



(3.42) 



M±(r) = iM ((a*) 2 + (£) 2 ) (without crusher gradient) (3.43) 
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FIGURE 3.12 (a) An SLR refocusing pulse with time-bandwidth product = 4, pulse 
width = 3.2 ms, passband ripple = 1%, stopband ripple = 1%, and flip angle = 180°. 
(b) The slice profile of the SLR pulse with crusher gradient (solid line: M y ; dashed 
line: M x ). 

where a and p are the Cayley-Klein parameters defined in Section 2.3. A 
representative SLR refocusing pulse with the following set of parameters is 
shown in Figure 3.12a: time-bandwidth product = 4, pulse width = 3.2 ms, 
passband ripple = 1%, stopband ripple = 1%, and flip angle = 180°. The 
transverse magnetization for this pulse with crusher gradients is shown in 
Figure 3.12b. The slice profile is noticeably improved compared to that in 
Figure 3.1 Id for the windowed SINC pulse with the same pulse width and 
time-bandwidth product. 

A 180° SLR refocusing pulse is typically designed with linear phase. A 
linear phase refocusing pulse is interchangeable with a linear phase inversion 
pulse, as long as the flip angles are the same. When the same SLR pulse is used 
for refocusing and inversion, however, the corresponding slice profiles are not 
identical. The resulting ripple for the inversion profile is always less than that 
for the refocusing profile. In theory, the ratio of the ripple amplitude between 
the inversion and refocusing profiles is 1 : 2 in the passband and y/l : 2 in the 
stopband (Pauly et al. 1991). 



Nonselective Refocusing Pulses Nonselective refocusing pulses are typ- 
ically rectangular in shape (i.e., a hard pulse; see Section 2. 1 ), and have a much 
shorter pulse width (e.g., 100 |xs) than their selective counterparts, whose pulse 
widths are typically in the range of 1-5 ms. The flip angle of a rectangular non- 
selective rectangular refocusing pulse is related to the pulse amplitude B\ and 
pulse width T by a simple relationship: 



= yB l T (3.44) 
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Unlike selective SLR refocusing pulses, a rectangular refocusing pulse is 
scalable; a 180° refocusing pulse can be simply obtained by doubling the 
B\ amplitude of a 90° hard excitation pulse. Alternatively, a 180° refocusing 
pulse can also be designed by doubling the pulse width of a hard 90° excitation 
pulse. This approach can be used when the maximum B\ amplitude is limited 
by the available RF power delivered to or sustained by the coil. The pulse 
width difference means that the stretched refocusing pulses will have half the 
bandwidth of the hard excitation pulse. For most imaging applications, this 
will not cause a problem, as long as the bandwidth of the refocusing pulses is 
sufficiently large to encompass all of the Larmor frequencies contained in the 
imaged object. 

There is virtually no difference in designing a nonselective refocusing 
pulse versus a nonselective inversion pulse with the same flip angle. The readers 
are referred to Section 3.2 for additional design details. 



3.3.4 Applications 

Refocusing pulses are widely used in many imaging pulse sequences. 
Examples include conventional RF spin echo, rapid acquisition with relaxa- 
tion enhancement (RARE) or fast spin echo, spin-echo echo planar imaging, 
and navigator echo generation. These applications of refocusing pulses are 
described in their respective sections in this book. Spatially selective refocusing 
pulses are most commonly employed in multislice 2D sequences. Single-slice 
2D or single-slab 3D spin echo imaging can be performed with a spatially 
selective excitation pulse and a nonselective refocusing pulse, although spa- 
tially selective refocusing pulses may also be used to reduce artifacts. Spatially 
nonselective refocusing pulses are often employed in 3D acquisitions. 

Another application of refocusing pulses is to measure the 7*2 relaxation 
time of the imaged object (Breger et al. 1 989). Because the magnetization at 2t 
(i.e., the echo time TE) is given by M§e~ lx l Tl with a 90 - x — 1 80 - t sequence 
(see Eq. 3.40), we can obtain a T2 map by acquiring multiple images with 
various delay times (r) and fitting the resulting intensities on a pixel-by-pixel 
basis to extract the T2 value. 
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4. 1 Composite Radiofrequency Pulses 

Composite RF pulses consist of simple RF pulses, or subpulses, that 
are concatenated to achieve improved excitation, refocusing, or inversion. 
When spatial selectivity is not required (e.g., with spectroscopic imaging, 
lipid suppression, or magnetization transfer), the primary goal is to obtain 
good frequency selectivity, that is, to uniformly flip all those spins that have 
precession frequencies within a desired range. Composite pulses can be used 
instead of the spectrally selective pulses described in Section 4.3 to perform 
frequency selection. Because Bo and B\ are not perfectly homogeneous over 
the imaged object, even with small-sample spectrometers, composite pulses 
have been designed to minimize sensitivity to Bq and B\ inhomogeneity (Levitt 
1986). When spatial selectivity is desired, composite RF pulses can be com- 
bined with gradients, for example, in DANTE (Section 5.5) and spatial-spectral 
pulses (see Section 5.4). The subpulses that make up a composite pulse can 
be either hard or soft pulses, with flip angles, phases, and interpulse intervals 
that are adjusted to achieve the desired effect. 

Any set of concatenated RF waveforms could be considered a compos- 
ite pulse. A large number of composite pulses that have been developed for 
spectroscopy are outside the scope of this discussion, and the reader is referred 
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to Levitt (1986) for a detailed discussion. In this section, we discuss composite 
pulses that are sometimes employed for imaging. 

4.1.1 Mathematical Description 

The composite pulses most frequently used for imaging are binomial 
pulses (Hore 1983). These are pulses for which the relative flip angles are 
coefficients of a binomial series, such as q n ,o, q n ,\ , . . . , q n ,n in the following 
equation: 

(a + b) n = q„fia n + q n ,\a n ~ x b -\ h q n , m a n ~ m b m 

+ ■ ■ • + q n , n -\ab n - X + q n ,„b n (4.1) 

where the binomial coefficient (read as "« choose m") is: 



■©-on 



m)\m\ 



(4.2) 



Note that q„ tin = q n , n -m (m = 0, 1, . . . , n). The goal of these pulses is 
frequency selectivity, for example to excite only water and not fat. Binomial 
pulses that excite only spins near resonance are based on a frequency response: 

S„(/)=cos"(7r/T) (4.3) 

where / is the frequency, r is the time interval between the centers of two 
adjacent subpulses, and n is an integer. This function, shown in Figure 4. 1 for 
several values of n, has nulls at frequencies that are (odd-integer) multiples of 
l/(2r). In the small flip angle approximation (Section 3.1), the envelope of the 
RF pulse that produces S„(f) is approximately given by its Fourier transform. 
The Fourier transform of the frequency response of S n (f) is: 

FT[S n (/)]oc£>, t a(r-y+*r) (44) 

This can be shown recursively by noting that the Fourier transform of cos(7tfr) 
is j[8(t - r/2) + 8(t + t/2)] followed by use of the convolution theorem 
(Section 1.1). The Fourier transform of S n (f) is also shown in Figure 4. 1 . The 
delta function amplitudes in that figure correspond to the binomial coefficients 

The effect of the binomial pulses can be understood more intuitively by 
considering a spin isochromat in the rotating reference frame exactly at reso- 
nance (/ = 0) and another isochromat in the same rotating frame but slightly 





-2-1012 -2-1012 -2-1012 

Frequency (kHz) 



-2 -1 



-U±- 



3 3 

t T f ti . lt t_ 



-0.5 0.5 -1 1 -1.5-0.5 0.5 1.5 -2-1012 

Time (ms) 

FIGURE 4.1 (a)-(d) are S](f) through S 4 {f) (horizontal units in kilohertz) for r = 1ms. (e)-(h) are their respective Fourier 
transforms (horizontal units in milliseconds). In plots (e)-(h), arrows represent delta functions, with relative amplitudes shown by 
accompanying numbers. 
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FIGURE 4.2 Magnetization vector in the rotating reference frame for a spin isochro- 
mat on resonance during application of a (121) pulse, assuming T\ and Ti are much 
longer than the interpulse interval r. In (a) the magnetization is aligned along the 
z axis. In (b) the first RF subpulse nutates the magnetization by jt/8. In (c) no preces- 
sion takes place during the interpulse interval because the spin isochromat is exactly 
on-resonance. In (d) the second RF subpulse nutates the magnetization by n/A. In (e) 
no precession takes place in the interpulse interval. In (f ) the third RF subpulse nutates 
the magnetization by 7r/8, placing it along the y axis. 



off-resonance at frequency / = l/(2r) (Figures 4.2 and 4.3). In this example 
we assume T\ and T2 are both much longer than x, so relaxation effects are 
negligible. If the RF pulses are delta functions, the nutation caused by the 
RF pulses is instantaneous and there is no precession during the pulses. The 
isochromat at resonance does not precess during the interpulse intervals, and 
after the last pulse in the series the total nutation angle is the sum of the nutation 
angles produced by each pulse. In Figure 4.2, the accumulative nutation angle 
is jr/2. For the off-resonance isochromat, the precession angle (in radians) 
during each interpulse interval is 



i; = Infx = 2tt[1/(2t)]t = 



(4.5) 



The nutation direction is therefore reversed for each successive pulse and 
consequently after the last pulse in the series, the net nutation angle is 
(Figure 4.3). If the interpulse interval r is chosen so that the off-resonance 
frequency / = l/(2r) coincides with the resonant frequency of a particular 
chemical species (e.g., lipids), those off-resonance spins will experience zero 
net excitation during excitation of the on-resonance spins (e.g., water). 
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FIGURE 4.3 Magnetization vector in the rotating reference frame for a spin isochro- 
mat off-resonance by an amount Sf = l/(2r) during application of a (121) pulse, 
assuming T\ and T2 are much longer than the interpulse interval r. In (a) the mag- 
netization is aligned along the z axis with the So field. In (b) the first RF subpulse 
nutates the magnetization by jt/8. In (c) the magnetization precesses through a phase 
angle of n . In (d) the second RF pulse nutates the magnetization by tz/4. In (e) the 
magnetization again precesses through a phase angle of jr. In (f) the third RF pulse 
nutates the magnetization by tt/8, placing it back along the z axis. 



4.1.2 Implementation 

In practice, the delta function RF pulses are replaced by pulses of finite 
width, usually rectangular hard pulses (Section 2. 1 ). The relative areas under 
the hard pulses are determined by the binomial coefficients. Binomial pulses 
are usually referred to by the coefficients of the series, for example (11), 
(121), (1331), and so forth. For a composite pulse designed for 90° excitation, 
the sum of the flip angles for all subpulses in the series is n/2. For finite- 
width pulses, the time between the centers of the pulses is r . Figure 4.4 shows 
several examples that use pulses with the same amplitude and different widths. 
This design uses the smallest possible B\. An alternative design to the one 
shown in Figure 4.4 is to use pulses having the same width and different 
amplitudes. 

Binomial pulses can also be used to excite only off-resonance spins, for 
example, as a method of water suppression in spectroscopy or for fat suppres- 
sion in imaging. A common application of off -resonant excitation in imaging 
is magnetization transfer (Graham and Henkelman 1997). For off-resonant 
excitation, the frequency spectrum is the same as for on-resonant excitation, 
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FIGURE 4.4 Rectangular (hard) pulses used to represent (a) (11), (b) (121), and 
(c) (1331) pulses with an interpulse interval r = 1 ms. Flip angles are given above the 
pulses. (The horizontal axis is in milliseconds.) 



FIGURE4.5 Rectangular (hard) pulses used to represent (a) (11), (b) (121), and 
(c) (1331) pulses with an interpulse interval r = 1 ms. Flip angles are given next to 
the pulses. (The horizontal axis is in milliseconds.) 



except that it is shifted by 8f = l/(2r) so that a null is placed at / = 0. 
Because a shift in the frequency domain is equivalent to a linear phase ramp 
in the time domain (Section 1.1), the RF pulses are multiplied by the func- 
tion e~ l27T,A f = e~ l7T 'l z . For delta function pulses spaced at time intervals 
/ = kx,e~ l7lt l x — e~ l1xk = (— 1)*. In other words, every other RF pulse in the 
series is negated. Such off-resonant excitation pulses are usually referred to 
in the same way as on-resonant excitation pulses except that a bar denotes the 
inverted pulses, for example, (11), (121), (1331), and so forth. Examples are 
shown in Figure 4.5. It is straightforward to show that off-resonant binomial 
excitation pulses have the frequency response S n (f) = sin"(7r/T), which has 
a Fourier transform: 

FT[sin"(7r/T)] oc £ (-l)V* * (' - y + **) (4-6) 



Note that binomial pulses almost always use the first null for suppression 
of an off-resonant signal or the first maximum for excitation of an off-resonant 
signal. For a given frequency offset, the use of the higher-order nulls or maxima 
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results in a shorter value of x and therefore higher Bj . For most clinical whole- 
body scanners, the B\ fields required to use the higher-order nulls or maxima 
are either not available or cause a considerable increase in specific absorption 
rate (SAR). Another consideration in favor of using the first null is that the 
larger the resonance offset is, the less accurate the Fourier approximation for 
the response becomes, due to nonlinearity of the Bloch equation. Thus Eq. (4.3) 
becomes progressively less accurate as / increases. 

Unlike spectrally selective suppression pulses, which rely on applying a 
90° flip to saturate spins at a given frequency offset, composite pulses rely 
on precession during the interpulse intervals to cause signal cancellation. This 
makes binomial pulses somewhat less sensitive to B\ inhomogeneity than 
spectrally selective pulses. In addition, as long as the flip angle at a given spatial 
location follows the binomial pattern, the off-resonant spins will not be excited, 
irrespective of the local B \ -field strength. Examples of composite pulses that 
have reduced sensitivity to Bq inhomogeneity can be found in Levitt (1986). 

Binomial pulses can be made spatially selective, as well as spectrally 
selective (Schick et al. 1 997). This is accomplished by using soft RF waveforms 
for the subpulses and employing a slice-selection gradient. For example, a 
series of SINC (Section 2.2) pulses can be played whose flip angle ratios are 
proportional to the binomial coefficients (Figure 4.6). Pulses such as the one in 
Figure 4.6 operate similarly to frequency-selective binomial pulses, except that 
each subpulse now flips only a selected slice of magnetization. Such pulses 
can be used for fat suppression and belong to the family of spatial-spectral 
pulses, which are discussed in Section 5.4. 

Example 4.1 Find the interpulse interval r for a binomial excitation pulse 
that places fat signals at the first null point. Assume a field strength of 1 .5 T 
so that the fat-water frequency difference is approximately 210 Hz. 

Answer The first null is at a frequency 1/(2t), giving r = l/(2x210Hz) = 
2.38 ms. 



Tt/16 

A 



FIGURE 4.6 Example of a slice-selective (1331) binomial pulse. Flip angles are given 
above the RF pulses. RF pulse separation interval r determines the location of the first 
null at/ = 1/(2t). 
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Example 4.2 A 1331 pulse with rectangular hard pulses is used for magneti- 
zation transfer preparation. If the first maximum of the pulse spectrum is at 
1 kHz, what is the minimum Si required for the pulse? 

Answer 

r = 1/(2 x 1000Hz) = 500rxs 

The widest pulses are the second and third subpulses that have flip angles 
(3/8)(^/2). The widths r pw of these pulses must satisfy yfiifp W = (3/8)(tt/2). 
The minimum B\ results when r pw = r, giving: 

B { = (3/8)(7r/2)/(27r x 42.57 MHz/T x 500 \is) = 4.40 x 10~ 6 T = 4.4 rxT 

Some pulses use very high flip angles; for example, magnetization transfer 
pulses use flip angles as high as 1000-1500°. The actual B\ for such pulses is 
usually several fold higher than the minimum value. 
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4.2 Magnetization Transfer Pulses 

A magnetization transfer (MT) or magnetization transfer contrast (MTC) 
pulse is a spectrally selective RF pulse that reduces the MR signal from 
some types of tissue while leaving other types virtually unaffected (Wolff 
and Balaban 1994; Balaban and Ceckler 1992; Henkelman et al. 1993, 2001; 
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Wang et al. 1997; Lin et al. 1993). Although MT pulses can only reduce MR 
signal, they can increase image contrast because their effect is tissue-specific. 
The effect of MT pulses can be analyzed with a model that assumes some 
protons are bound to macromolecules or membranes, whereas others are not. 
Examples of protons bound to macromolecules are those in hydroxyl (i.e., 
—OH) groups in white matter lipids, and examples of unbound protons include 
those in free water molecules. This distinction defines two pools of protons in 
the body. The first pool is called the restricted, semisolid, or macromolecular 
pool, and the second is called the free, mobile, or liquid pool. The transverse 
relaxation time T2 of the protons in the macromolecular pool is very short (less 
than 1 ms, often only tens of microseconds) due to their restricted mobility. 
Because of their short T2, the signal from these protons is not visible in MR 
images obtained with conventional TE times. The signal that we see is gen- 
erated instead entirely from protons in the liquid pool, which have longer T2 
(e.g., > 10 ms) due to their mobility. The protons in the macromolecular pool 
have a much broader spectral width, because the full width at half maximum 
(FWHM) of a spectrum is inversely related to the transverse relaxation time: 

FWHM oc — (4.7) 

Ti 

The increase in T2 (i.e., reduction in FWHM) that results from the averaging 
effects of motion is sometimes called motional narrowing. 

As shown schematically in Figure 4.7, RF energy for MT is applied off- 
resonance, where it saturates some of the longitudinal magnetization in the 
macromolecular pool, while having hardly any direct effect on the protons in 
the liquid pool. The saturation of longitudinal magnetization of protons in the 
macromolecular pool is in turn transferred to the longitudinal magnetization 
of protons in the liquid pool by a process called magnetization exchange. 
Protons in some tissues such as blood, cerebral spinal fluid, and subcutaneous 
fat undergo almost no magnetization exchange with the macromolecular pool 
and hence display negligible MT attenuation. Protons in other tissues such 
as white matter, cartilage, muscle (including myocardium), and liver display 
stronger magnetization exchange, so their signal can be attenuated by 20-50% 
or more by adding an MT pulse to the sequence. The absolute amount of MT 
attenuation is not a fundamental property of the tissue but instead depends on 
the implementation details of the MT pulse and the pulse sequence. 

One of the most widely accepted and widely used applications for MT is 
three-dimensional time-of-fiight (3DTOF) MR angiography (Lin et al. 1993). 
In 3DTOF, MT is used to attenuate the MR signal from brain parenchyma, 
while leaving the signal from blood essentially unaffected. This increases the 
detectability of smaller vessels (Figure 4.8). Among the other applications of 
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FIGURE 4.7 A schematic plot of the spectrum of two proton pools. Protons in the 
liquid pool have a narrow spectral width and generate the signal that produces MR 
images. Protons in the macromolecular pool have a broad spectral width and have a 
very short Ti that dephases their MR signals. By applying off-resonance RF energy 
(arrow), some of the protons in the macromolecular pool can be saturated, with little 
direct effect on the protons in the liquid pool. 



MT that are being actively developed are the study of white-matter diseases 
such as multiple sclerosis (Ge et al. 2002), breast imaging (Santyr et al. 1996), 
and cartilage imaging (Lattanzio 2000). 

A mathematical model that describes the exchange of longitudinal 
magnetization between the macromolecular and liquid pools with the Bloch 
equations is beyond the scope of this book, as is a quantum mechanical analysis 
of the dipolar interactions that cause magnetization exchange. The interested 
reader is referred to Henkelman et al. (2001 ) for a review and a more complete 
set of references. Instead, this section presents some of the basic concepts 
and terminology used to describe MT and then focuses on implementation 
strategies. 



4.2.1 MT Ratio and Direct Saturation 

The aim of an MT pulse is to saturate the longitudinal magnetization of pro- 
tons in the macromolecular pool. Some of this saturation is then transferred to 
selected protons in the liquid pool, thereby improving image contrast. Ideally, 
the MT pulse should not directly saturate any of the protons in the liquid pool 
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FIGURE 4.8 Axial MIP 3D time-of-flight images without (left) and with (right) MT. 
The images were acquired at 3.0 T, using an 8-ms Fermi pulse with a flip angle of 670°, 
applied only during the acquisition of the center of k-space. The bottom row shows 
a magnified portion of the right-posterior circulation. Note the suppression of brain 
parenchyma with MT, allowing the detection of smaller vessels (arrow). Also note that 
subcutaneous fat is hardly attenuated, so it appears more conspicuous. 



because that would only reduce the overall image SNR. Although direct satur- 
ation cannot be avoided entirely, it can be held to a minimum with careful MT 
design. The quantities that we define next are used to analyze these effects. 

Figure 4.9 shows a schematic plot of the longitudinal magnetization versus 
offset frequency A/rf of the applied RF for three classes of protons: a macro- 
molecular pool, a liquid pool that experiences magnetization exchange, and a 
liquid pool that does not. For simplicity we assume that the equilibrium mag- 
netization Mo of all three classes of protons is equal. A magnetization level 
of M z = Mo in the plot indicates no saturation, whereas M z = indicates 
complete saturation. For all three classes indicated in Figure 4.9, the degree of 
saturation increases as the carrier frequency of the MT pulse is brought closer 
to the Larmor frequency (A/rf = 0). The saturation of protons in the macro- 
molecular pool extends to higher frequencies because, according to Eq. (4.7), 
their spectrum is much broader. 



4.2 Magnetization Transfer Pulses 




Macromolecular pool 
Liquid pool 

Liquid pool in exchange 

with macromolecular pool 



FIGURE 4.9 Schematic plot of the longitudinal magnetization plotted versus the loga- 
rithm of the offset frequency for three classes of proton. (Adapted from Henkelman 
etal. 2001, Fig. 5.) 

The direct saturation Mdirect and the saturation due to the true MT effect 
Mmt are indicated by hollow and solid arrows, respectively, in Figure 4.9. It 
is customary to define the sum of the two as the total saturation: 

M S at = Mdirect + M M t (4.8) 

A dimensionless quantity called the MT ratio (MTR) can be derived from 
Ms at and the equilibrium magnetization: 



MTR = 



M 



(4.9) 



With the RF pulse design we want to maximize Mmt while minimizing the 
direct saturation Mdirect- Note that a very low value of MTR is not necessarily 
desirable if it has a large contribution from Mdirect- From a practical point 
of view, the design of an MT pulse sequence can be simply stated: Maximize 
Mmt under the constraints that Mdirect is no more than 5-10% of Mo and 
RF power limits are not exceeded. 



4.2.2 Implementation Strategies 

General Considerations If an MR scanner is equipped with a second 
RF transmitter channel, then MT can be implemented by applying off- 
resonance RF energy continuously, which is called the continuous wave (CW) 
method. The CW method is preferred for some MT research where the com- 
plication of transient transverse magnetization is a concern. (By definition, 
the transients have decayed to zero when the CW is applied long enough for 
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steady-state conditions to be reached). Clinical MRI systems, however, usu- 
ally are equipped with only a single RF transmitter channel, so MT is nearly 
always implemented with finite-duration RF pulses interspersed in the image 
sequence. This is called the pulsed MT method. Pulsed MT methods generally 
deposit less RF power than CW methods. If the width of the MT pulse covers 
one-quarter of the TR interval (i.e., a duty cycle of 25%), then the power depos- 
ition from pulsed MT is reduced by approximately the same factor compared 
to its CW counterpart, provided that the RF amplitude is held constant. 

Pulsed MT is implemented with long-duration RF pulses (e.g., pulse width 
T = 5-20 ms), followed by a spoiler gradient pulse that dephases any residual 
transverse magnetization. The RF pulse and spoiler gradient lobe together form 
an MT module, as depicted in Figure 4.10. MT pulses have relatively narrow 
RF bandwidths (on the order of a few hundred hertz), consistent with their 
long duration, and are applied off-resonance with |A/,f| = 500 to 1500 Hz 
(Figure 4.7). Because the RF pulse is applied off-resonance, it need not be 
very selective, and the RF envelopes used rarely have any zero-crossings (see 
Figure 4.1 1). As with other spectrally selective RF pulses (e.g., fat saturation), 
no gradient is applied during the MT pulse, although an exception to this 
general rule is discussed later in this section. 

The amplitude of the MT pulse is set as high as possible without exceeding 
RF power limits because the degree of MT suppression increases monoto- 
nically with the applied RF power. Very high flip angles on the order of 
1000-1500° are typical, corresponding to peak RF amplitudes on the order 
of 10 piT. The maximal RF power may be limited either by the hardware or by 
regulatory limits on the SAR (measured in watts per kilogram) delivered to the 
patient. Because RF power deposition is linearly proportional to bandwidth, 
the narrow bandwidth of MT pulses is helpful. 
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Figure 4.10 Schematic representation of an MT module, comprising an RF pulse 
and spoiler gradient. A rectangular RF pulse shape is shown here; more commonly 
used pulse shapes are shown in Figure 4. 1 1 . 
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FIGURE 4. 1 1 Plot of the RF envelopes versus time for the Gaussian and Fermi pulse 
derived in Example 4.3. 



The MT module can be played either at the beginning or end of the imag- 
ing pulse sequence in a TR interval. Normally the MT module is played once 
during each TR interval, but in order to reduce the RF power deposition the 
MT module can be played less frequently. Because the image contrast is most 
strongly influenced by the central views in k-space, the MT module can be 
omitted at the periphery of k-space (Parker et al. (1995)) with minimal impact 
on image quality. This method of applying MT preferentially in the center of 
k-space is particularly effective if the regulatory limits for RF power deposition 
allow a higher value of SAR over short time durations (e.g., a higher S AR limit 
over a 10-s averaging time, compared to a 6-min averaging time). 

In many pulse sequences, MT saturation is achieved unintentionally 
(Dixon et al. 1990; Santyr 1993), that is, without the application of a dedi- 
cated MT module. Whenever RF pulses are applied off-resonance, some MT 
effect will result. In standard interleaved multislice 2D imaging, RF excitation 
and refocusing pulses for slices adjacent (or near) to the imaging slice often 
function as effective MT pulses. Typical bandwidths for imaging pulses are 
on the order of 1-3 kHz, so adjacent slices have similar frequency offsets as 
custom-designed MT pulses. Pulse sequences in the RARE family, such as fast 
spin echo (FSE) and turbo spin echo (TSE), produce particularly strong unin- 
tentional MT suppression because of their large number of refocusing pulses. 
Another example is the perfusion pulse sequence used for arterial spin tag- 
ging. The RF pulse used to label spins at a location near the imaging slice can 
serve as an effective MT pulse. This effect can be compensated for using the 
techniques discussed in Section 17.1. Experimentally, the unintentional MT 
attenuation can be separated from confounding effects such as slice cross-talk 
with single and multislice acquisitions of a phantom that has both plain water 
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and agar gel regions because agar gel displays MT attenuation while plain 
water does not. 



4.2.3 RF Pulse Shapes for MT 

Many different RF pulse shapes have been used successfully for MT. The 
most important aspect of the pulse shape is that it produces negligible flip angle 
at the Larmor frequency of the liquid pool protons, so that direct saturation of 
water is kept minimal (e.g., <5-10%). Two commonly used RF pulse shapes 
are the Gaussian and Fermi, which are shown on Figure 4. 1 1 . (Both these 
functions were originally introduced for other purposes, but have been adopted 
as RF pulse shapes.) The rectangular (i.e., hard) and SINC pulses, which are 
described in Sections 2.1 and 2.2, respectively, as well as others can also be 
used. The Gaussian and Fermi pulse shapes are used less frequently in other 
imaging applications, so we describe them here. 

The B\ field for a Gaussian pulse (named for Carl Friedrich Gauss, 
1777-1855, a German mathematician) in the rotating frame is given by the 
expression: 

B\ (t) = A G e~2^e iAWrft (Gaussian pulse centered at t = 0) (4.10) 

where the angular frequency offset Aw^ = 27r A/,f produces the desired off- 
resonance irradiation. The envelope of the Gaussian pulse has two adjustable 
parameters: A G is an overall scale factor (measured in microteslas), and a is 
linearly proportional to the pulse width (measured in milliseconds). Although 
the Gaussian function theoretically is nonzero for all values of t , it falls off 
rapidly (for t > a), and the RF pulse can be terminated when the magnitude 
of the B\ field reaches a negligible level. For example at t — ±3.7 17a, the 
envelope of the RF field is A G / 1000, that is, a 60-dB attenuation. Thus, we 
estimate the pulse width of a Gaussian pulse to be approximately: 

T G « 2 x 3.717a = 7.434a (4.11) 

The Fourier transform of a Gaussian pulse is another Gaussian function, and 
when the frequency offset is zero, from Table 1.2 in Section 1.1: 

FT[5i(0] = A G osflHe- 1(lxaf)1 (4.12) 

The rapid fall-off and the lack of side lobes in the frequency response 
of Eq. (4.12) are the main advantages of the Gaussian pulse. The FWHM of 
the frequency response is given by Af G = 0.3748/a, which is a measure of 
the RF bandwidth. Thus, the dimensionless time-bandwidth product of any 
Gaussian is independent of a and given by: 

T G Af G « 7.434a x ~ 2.8 (4.13) 
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Another popular RF shape used for MT irradiation is the Fermi pulse 
(named for Enrico Fermi, 1901-1954, an Italian and American physicist). The 
Fermi pulse is characterized by a flat central plateau straddled by exponentially 
decaying ramps. The B\ field of the pulse is given by: 

A F e' A&,rf ' 
Si it) = — (Fermi pulse centered at t = 0) (4. 14) 



where A? is Bi-field peak amplitude similar to Aq, and ?o and a are two 
adjustable parameters having the dimension of time. The first parameter, to, is 
a measure of the pulse width, and the second parameter, a, is a measure of the 
transition width. Normally to » a, so that B\(t = 0) = Ap. As a -> 0, the 
Fermi pulse becomes a rectangular pulse with no ramps. Applying the same 
60-dB standard that was used for the Gaussian, the width of the Fermi pulse is: 

r F = 2/ + B.81a (4.15) 

It is often useful to compare the relative S AR of two pulses when their flip 
angles, pulse widths, or both are equal. Assuming the pulse is real (i.e., zero 
imaginary part), the flip angle is obtained by integrating the RF envelope, as 
described in Section 3.1. When calculating the flip angle, we set Awrf = 
because the flip angle is equal to the integral of the RF envelope only on 
resonance. Table 4. 1 provides the results of the flip angle and relative SAR 
calculations for the Gaussian and Fermi pulses. 

Example 4.3 Suppose we want to design an MT pulse with a flip angle 
= 1000° and a pulse width of T = 12 ms. (a) Determine the parameters 
for the Gaussian pulse envelope, (b) Determine the parameters for the Fermi 
pulse envelope, assuming that to = 10a. (c) Suppose a pulse sequence with 
no MT module deposits 1 .0 W/kg of SAR. With the Gaussian MT pulse from 
(a), the SAR is measured as 3.0 W/kg. What SAR deposition is expected if the 
Gaussian pulse is replaced with the Fermi pulse from (b)? 

Table 4.1 

Flip Angles and Relative Specific Absorption Rates for Gaussian and Fermi 

Radiofrequency Pulses Commonly Used for Magnetization Transfer 

Flip Angle (rad) Relative SAR 

YfBi0)dt J\B x {t)\ 2 dt 

Gaussian yAQO-Jln A^a^/n 

Fermi 2yA F [to + a In (e"'o/ a + 1)] 2A\ L + a In ( e -'^ a + l) - j^jA 
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Answer 

(a) FromEq. (4.11), a = 12ms/7.434= 1.614 ms. From Table 4.1: 



?V2jr 



1000°(7r rad/180°) 



2:r rad x 42.57 MHz/T(l. 614 ms)V2Jr 
So the RF envelope for the Gaussian pulse is: 



= 16.13 |xT 



Bi(I) [16,3,— (,T) -6-5,^- 
10 \t\> 6ms 

(b) Using Eq. (4.15) and the assumption that t = 10a yields a 
0.3549 ms and t = 3.549 ms. Table 4.1 gives: 



" 2y [fo + a In (*-«>/« + 1)] 

1000°(7rrad/l? 



2 x 2jt rad x 42.57 MHz/T [3.459 ms + 0.3549 ms In (e~ 
= 9.432 |iT 



1 + exp ( 




|r| > 6 ms 



The pulses derived in parts (a) and (b) are plotted in Figure 4.1 1 . 
(c) The Gaussian MT pulse is contributing 3.0 - 1.0 = 2.0W/kg to the 
SAR of the pulse sequence. According the parameters derived in (a) and 
(b) and from Table 4. 1 , the relative SAR of the Fermi pulse compared 
to the Gaussian pulse is: 



SAR F _ 2A l ['o + a ln ( e 
SAR G ~ 



-to/a 



0-7 



A 2 G a^fit 

Therefore we expect the SAR with the Fermi pulse MT to be: 
SAR F = (1.0 + 2.0 x 76.4%) W/kg = 2.53 W/kg 
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Example 4.3 illustrates that Fermi pulses are more SAR-efficient than 
Gaussian pulses of equal duration and flip angle. A drawback of the Fermi 
pulse is that its frequency spectrum is not as compact as the Gaussian, so 
to avoid direct saturation A/if must sometimes be increased, which in turn 
reduces Mmt- In order to regain the desired MT attenuation, the flip angle 
must be increased, which increases the RF power. Whether a Gaussian, Fermi, 
or some other pulse shape performs best for a particular MT application can 
be determined experimentally, with guidance from calculations such as those 
in Example 4.1. 

In addition to the narrow-band soft pulses described here, a binomial hard 
pulse such as a 1 2 1 or 1 33 1 applied on-resonance can be used for MT (Pike et al. 
1993). The advantage of using a binomial pulse is its shorter duration, which 
provides a reduction in both TR and RF power deposition. A disadvantage of 
binomial pulses for MT is they can cause more unwanted direct saturation, 
which has limited their acceptance (Henkelman et al. 2001). 

Choosing the Frequency Offset and Its Sign The amount of MT at- 
tenuation Mmt increases rapidly as the offset frequency A/,f is brought closer 
to 0. Unfortunately the amount of unwanted direct saturation also increases 
rapidly, so that larger values of the frequency offset must be used. To keep the 
MT attenuation fixed, the RF power must in turn be increased as the frequency 
offset increases. The result of all these trade-offs is the absolute value of the 
frequency offset is typically set to be approximately 1 kHz, with the optimal 
value determined empirically. 

The MT effect is generally symmetric with respect to A/rf (Figure 4.7), 
although asymmetry can be introduced if the protons in the macromolecular 
pool have a nonzero chemical shift with respect to free water (Pekar et al. 1 996). 
Assuming symmetry, we might think that the sign of the offset frequency of 
the MT pulse is unimportant, but it can affect both lipid suppression and the 
saturation of upstream blood. 

Recall that protons in lipid groups resonate at a frequency approximately 

3.3 parts per million (ppm) lower than water, which corresponds to approxi- 
mately 210 Hz at 1.5 T. Despite the semisolid consistency of fat, the lipid 
protons in the liquid pool do not display a strong MT effect, as shown on 
Figure 4.8. This is somewhat unfortunate because it is often desirable to sup- 
press fatty tissues. In an attempt to suppress fat, we might simply apply the MT 
pulse with a frequency offset near A/rf = 3.3 ppm, lower than water's reson- 
ant frequency. This usually does not work well, however, because of unwanted 
direct saturation due to the offset being so small. The direct saturation can 
be aggravated if there are any susceptibility changes that lower the reson- 
ant frequency of water protons within the imaging field of view. Moreover, 
for 3DTOF angiography of the intracranial arteries, applying the MT pulse 
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at a frequency lower than the nominal Larmor frequency of water can cause 
unwanted saturation of upstream arterial blood. For example, when imaging 
the head, the resonant frequency of blood in the heart is often lower because 
the fio-field strength tends to decrease away from the center of the magnet. 
Unwanted saturation of upstream blood by the MT pulse is particularly prob- 
lematic when a whole-body coil is used for RF transmission rather than a local 
transmit-receive head coil. 

For all these reasons, the MT pulse is often applied with A/if > 0, which 
precludes simultaneous MT and fat saturation with a single RF pulse. An 
alternative strategy is to apply a weak gradient (Kojima and Miyazaki, 1997) 
concurrently with the MT pulse, which has a negligible effect on the Larmor 
frequency near the isocenter (i.e., the head). The gradient can increase the 
Larmor frequency of locations farther from the isocenter (i.e., the heart and 
great vessels) sufficiently to avoid the upstream saturation of blood. Even 
with this method, however, direct saturation due to the low offset frequency 
and susceptibility changes within the head itself can still be a problem if fat 
saturation is attempted with the MT pulse. 
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4.3 Spectrally Selective Pulses 

Atomic nuclei are surrounded by electrons, which can shield the main 
magnetic field So and reduce the net magnetic field experienced by nuclear 
spins. Due to this shielding, protons in different microscopic environments 
(i.e., different molecules or different locations in the same molecule) can reso- 
nate at slightly different frequencies. These frequency differences are known as 
chemical shift, which is quantitatively described by a dimensionless parameter 
8. With chemical shift, the resonant frequency becomes: 

f = ^B (l-8) (4.16) 

where y is the gyromagnetic ratio, and Bq is the externally applied magnetic 
field . By convention, zero chemical shift (S = 0) is arbitrarily assigned to the 
protons in tetramethyl silane, Si(CH3)4. The chemical shift of other protons 
is calculated from their resonant frequency / with: 

<5[ppm] = f ~ /TMS x 10 6 (4.17) 

/TMS 

where /tms is the resonant frequency of tetramethyl silane, and ppm stands 
for parts per million. 
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FIGURE 4.12 An RF pulse and its frequency response. In the presence of a gradient, 
the frequency response is linearly related to the slice profile; in the absence of a gradient 
during the RF pulse, the frequency response is referred to as a spectral profile. In the 
spectral profile, region a is called the passband, and region b is known as the stopband. 



A plot of NMR signal intensity of an imaged object versus chemical 
shift 8 constitutes a spectrum. RF pulses that are designed to selectively excite, 
refocus, or invert certain regions in the spectrum are called spectrally (or 
chemically) selective pulses. 

Every RF pulse has a corresponding frequency response (Figure 4.12), 
which can be calculated by solving the Bloch equations or by performing a for- 
ward SLR transform (Section 2.3). For example, a SINC RF pulse (Section 2.2) 
yields approximately a rectangular frequency response. For a given pulse 
shape, the width of the frequency response (i.e., bandwidth in kilohertz) is 
inversely proportional to the RF pulse width (e.g., in milliseconds). 

In the presence of a concurrently played gradient, the frequency response 
of an RF pulse is converted to a spatial profile (Figure 4.12), which is discussed 
in Section 8.3. With no concurrently played gradient, the frequency response 
is often referred to as a spectral profile. For spins whose resonant frequencies 
are inside the profile (i.e., the passband; region a in Figure 4.12), the pulse 
performs its designed functions, such as excitation, inversion, and refocusing. 
Outside the profile (i.e., the stopband; region b in Figure 4.12), the pulse has 
little or no effect on the spins. 

SINC pulses and Gaussian pulses (Section 4.2) are often employed as 
spectrally selective pulses because of their simplicity. Tailored RF pulses, 
such as SLR pulses (Section 2.3) and band-selective, uniform-response, pure- 
phase (BURP) pulses (Geen and Freeman 1991), are also used on commercial 
MRI scanners for improved spectral profiles and more flexibility in the trade- 
off between parameters that define the profile quality (e.g., uniformity, phase 
variations, and transition width). 
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In MRI, spectrally selective pulses are primarily used for signal sup- 
pression. Examples include lipid suppression to increase the conspicuity of 
lesions in standard imaging, and water suppression in spectroscopic ima- 
ging. Spectrally selective pulses can also be used for chemically selective 
imaging, including imaging of lipids, water, or other chemical species (e.g., N- 
acetylaspartate and choline). Another application of spectrally selective pulses 
is magnetization transfer imaging (Section 4.2), in which a long RF pulse with 
a narrow spectral profile is applied off-resonance to saturate protons associated 
with macromolecules. 



4.3.1 Mathematical Description 

The vast majority of spectrally selective pulses are amplitude modulated 
with a fixed carrier frequency. Using complex notation (Section 1.2) these 
pulses can be expressed as: 

B l (t) = A(t)e- ia »' (4.18) 

where A(t) is the amplitude modulation function (also known as the pulse 
waveform or envelope), and co^ is the carrier frequency in radians per second. 
A(t) controls the shape of the spectral profile, and Wrf determines the pro- 
file's central position. Some of the commonly used modulation functions are 
discussed in Sections 2.2, 2.3, and 4.2. 

The spectral profiles of the pulses can be obtained by solving the Bloch 
equations. This is usually done in the RF rotating reference frame (Section 1 .2), 
which rotates at the angular frequency &>rf . Defining the frequency offset A/ cs : 

A<w 
A/cs - -z- (4.19) 

2n 

where Aco is the resonant frequency offset of a given chemical species relative 
to a reference. The spectral profile of the RF pulse given by Eq. (4.18) is 
calculated by solving the Bloch equations (Eq. (3.4)) over a predetermined 
range of frequency offsets A/ cs : 

dM x 

— JL =2jtAf cs M y (4.20) 

dM Y 

— -i = yM z A(t) - 2tt A/ cs M x (4.21) 

at 

dM z 

-£- = -yM y A(t) (4.22) 

(Without loss of generality, Eqs. (4.20-4.22) assume that the RF pulse is 
applied along the x axis in the RF rotating reference frame.) For an excitation 
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FIGURE 4.13 (a) An SLR maximum phase pulse and (b) its amplitude (solid line) 
and phase(dotted line) responses. The SLR pulse parameters are pulse width = 16 ms, 
time-bandwidth product = 4, flip angle = 90°, passband ripple = 5%, and stopband 
ripple = 1%. This pulse can be used for lipid suppression. 



pulse, a plot of JM\ + Mj versus A/ cs constitutes the amplitude response of 
the spectral profile, and a plot of arctan (M x /M y ) gives the phase response. A 
method for solving Eqs. (4.20)-(4.22) can be found in Section 3.1 (keeping 
in mind that the quantity 2nAf cs corresponds to Aw and A(t) corresponds to 
B\ (?) in that section). An example of the amplitude and the phase responses of 
an SLR pulse is shown in Figure 4.13. If a pulse is used for spectrally select- 
ive excitation (see next subsection), the phase dispersion within the passband 
must be minimized. If a pulse is used for signal suppression, however, maximal 
phase dispersion is desirable and the exact phase response becomes less import- 
ant. For spectrally selective excitation pulses with small flip angles (<90°), 
the spectral profile can be approximated by taking the Fourier transform of 
A(t), as discussed in Sections 3.1 and 2.3. 



4.3.2 Applications 

Signal Suppression The primary application of spectrally selective 
pulses is to suppress signals from nuclei with specified chemical shifts. For 
example, water signal can be suppressed in lipid imaging, and vice versa. Water 
suppression is also important in proton spectroscopic imaging because the con- 
centrations of A/-acetylaspartate, citrate, creatine, choline, lactate, and other 
metabolites are 3^1 orders of magnitude lower than that of water protons. 
The prevailing application of spectrally selective pulses is to suppress lipid 
signals in imaging applications, as shown in Figure 4.14. We focus here on 
lipid suppression, with the understanding that the same principles are equally 
applicable to suppressing other chemically distinct signals, including water 
and silicone. 
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FIGURE 4.14 Postcontrast T\ -weighted images of the liver without (a) and with (b) 
lipid suppression using a spectrally selective RF pulse. Both images were acquired 
from the same patient using a gradient echo sequence with identical parameters except 
for lipid suppression. With lipid suppression, the contrast between liver and the other 
tissues has noticeably improved. The residual subcutaneous lipids at the lower right 
corner of the image can be caused by either Bo-field inhomogeneity, which alters the 
local lipid resonant frequency, or B\ -field nonuniformity. 



Two dominant proton signals in the human body arise from water and 
triacylglycerol molecules. The latter forms lipids or fatty tissue. The lipid 
signals often appear bright in T\ -weighted and T 2 -weighted RARE (or fast 
spin echo) images. Their signal can interfere considerably with the diagnosis 
of certain diseases, such as myeloma in the bone marrow, metastases in the 
vertebral body, and contrast-enhancing lesions throughout the body. Clinically, 
it is desirable to suppress the lipid signals for these applications. 

Unlike water molecules in which the microscopic environment for the two 
protons are identical (i.e., the same chemical shift; S — 4.7 ppm), triacylglyc- 
erol consists of multiple groups of protons (CH 3 , CH2, CH=CH, etc.), each 
with a different chemical shift ranging from 0.9 to 5.7 ppm. The most abundant 
resonance (from the CH2 group in the aliphatic chain) occurs at S = 1 .3 ppm. 
The peak in the lipid spectrum is rather broad due to these multiple components. 
In practice, a chemical shift difference of 3.3-3.5 ppm is used between lipids 
(S «» 1.3 ppm) and water (S = 4.7 ppm), with lipids resonating at a lower 
frequency. In many examples in this book we have used a chemical shift of 
140Hz/T, which corresponds to 3.3 ppm. 

To suppress the signal from lipids, a spectrally selective pulse nutates the 
lipid magnetization to the transverse plane, while leaving the water magnetiza- 
tion unperturbed along the longitudinal axis (Figure 4. 15). One or more spoiler 
or homospoil gradient pulses are subsequently applied to dephase (or spoil) 
the excited lipid signals (see Section 10.5). Because the water magnetization 
is stored along the longitudinal axis, the spoiler gradient has no effect on water 
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FIGURE 4. 1 5 An example of using a spectrally selective pulse to suppress lipid signals 
in an imaging sequence. The 90° spectrally selective pulse (shaded area to denote the 
frequency offset), usually with maximal phase dispersion, is applied ~217Hz off- 
resonance with respect to the water resonant frequency to excite lipids at 1 .5 T. The 
lipid signals are dephased by one or more spoiler gradients. After lipid suppression 
(portion to the left of the dotted vertical line), an imaging sequence is executed to excite 
water signals and form a water image (portion to the right of the dotted vertical line). 



signals. This is analogous to the spoiler gradient following spatial saturation 
pulses. After the lipid magnetization is excited and dephased (it is said to be 
saturated), a standard imaging pulse sequence is executed to acquire an image 
with the fat signal substantially attenuated (Figures 4. 14 and 4.15). For a pulse 



4.3 Spectrally Selective Pulses 121 

sequence with multiple repetitions, the spectrally selective pulse and the asso- 
ciated spoiling gradients are typically applied each TR period, unless the TR 
time is substantially shorter than the lipid T\ relaxation time (T\ % 250 ms 
for lipids at 1 .5 T). Since the T\ of the lipids is relatively short, longitudinal 
magnetization of the fatty tissue can regrow during a sequence. To offset the 
rapid lipid signal recovery, a flip angle larger than 90° (e.g., 1 10-150°) is often 
used in lipid suppression pulses. 

To design a spectrally selective pulse for lipid suppression, the spectral 
profile must be broad enough to cover the majority of the lipid resonant frequen- 
cies, but not excessively broad to affect the water signal. At 1 .5 T, the chemical 
shift difference between lipids and water (AS ^ 3.4 ppm) corresponds to a 
frequency separation of ~ 217 Hz as obtained from: 

A/ cs = y^ x A6[ppm] x 10" 6 (4.23) 

(In many other sections of the book we have used the abbreviated notation 
/ cs for the resonant frequency difference between lipids and water.) Thus, the 
width of the spectral profile is often chosen as ~250 Hz. This bandwidth is 
considerably narrower than typically employed in spatially selective pulses. 
Consequently, the pulse width is much longer. 

Example 4.4 A symmetric SINC pulse with a central lobe and a total of two 
side lobes (one on either side of the main lobe) is used for lipid suppression at 
1.5 T The water center frequency is found to be 63,858,470 Hz. What are the 
carrier frequency and pulse width for the SINC pulse? 

Answer According to Eq. (4.23), the lipid resonant frequency is ~217Hz 
below that of water at 1 .5 T. To center the spectral profile at the lipid resonance, 
the carrier frequency of the SINC pulse must be set at 63,858,470 — 217 = 
63,858,253 Hz. Because there are four zero-crossings, the time-bandwidth 
product TAf of the pulse is 4 (Section 2.2). To saturate the lipid signal without 
affecting the water signal, a spectral bandwidth of 250 Hz is typically used. 
Thus, the pulse width should be: 

(T A f\ A 

= 16 ms (4.24) 



A/ cs 250 (Hz) 

In addition to SINC pulses, many other pulses can be used for lipid suppres- 
sion. Gaussian pulses feature a relatively short pulse width, but their spectral 
profile is not uniform (Gaussian in shape) and has a broad transition region 
between the passband and the stopband. SLR pulses can considerably improve 
the uniformity of the spectral profile as well as the transition region width with 
a reasonable pulse width (~8— 16 ms at 1 .5 T). SLR pulses with maximum or 
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quadratic phase can also increase phase dispersion within the spectral profile, 
so that less gradient area might be required in the spoiler. 

A variation of the aforementioned lipid suppression technique is to invert 
the lipid spins using a spectrally selective pulse without spoiling gradients. 
After a certain inversion time (e.g., ~60ms at 1.5 T), the lipid magnetization 
is considerably attenuated because of T\ relaxation. When the lipid magnet- 
ization approaches the null (i.e., zero magnetization), multiple excitation RF 
pulses with a very short TR (e.g., a few milliseconds) are applied to acquire a 
number of k-space lines (e.g., 64), each with a different phase-encoding value. 
To maximize lipid-suppression efficiency, the central k-space lines are typi- 
cally acquired when the lipid magnetization is nulled. This technique, known 
as SPECIAL (Foo et al. 1994), is used in some fast 3D gradient echo pulse 
sequences. 

In the presence of .Bo-field inhomogeneity, lipid and water resonant 
frequencies can be shifted at certain spatial locations, causing the lipid sup- 
pression pulse to saturate water signals while leaving the lipid signals intact. 
To avoid this problem, the So-field inhomogeneity must be considerably less 
than 3.4 ppm within the imaging volume. Because the Bo-field inhomogeneity 
can arise from the local magnetic susceptibility differences within the imaged 
object, good lipid suppression using a spectrally selective pulse can be diffi- 
cult to achieve in some anatomic regions, such as the neck, or for patients with 
metallic implants. The use of resistive shimming that calibrates higher-order 
(e.g., z 2 ) shims on a per-patient basis can improve the performance of lipid 
suppression, especially at high magnetic fields. 

The spectrally selective pulses for lipid suppression must be adjusted for 
different Bo-field strengths. At very high fields (e.g., 3.0 T), the frequency 
separation between lipid and water increases according to Eq. (4.23) and so 
does the range of the lipid resonant frequencies. Therefore, a broader spectral 
profile should be used. At an intermediate magnetic field (e.g., 0.7 T), the 
frequency separation between different spin species decreases, requiring a 
narrow spectral profile and a longer pulse width for lipid suppression. At low 
magnetic fields (e.g., 0.2 T) where the frequency separation between fat and 
water diminishes, lipid suppression using spectrally selective pulses becomes 
impractical. Other lipid suppression methods, such as STIR (Section 14.2) or 
Dixon's method (Section 17.3), are more suitable at low fields. 



Selective Excitation Spectrally selective pulses can also be used to se- 
lectively excite certain spin species (fat, water, N-acetyleaspartase, etc.) so 
that an image based only on the selected chemical species can be formed 
(Figure 4.16). This technique has been referred to as chemical shift selective 
(CHESS) imaging (Haase et al. 1 985). Unlike the pulses for signal suppression, 
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FIGURE 4. 16 Spectrally selective pulses (shaded) used in (b) 3D and (c) 2D chemical 
shift selective imaging. In this example, the spectrally selective pulse selectively excites 
the water signal while leaving the lipid signal intact (a). Following the excitation, a 
3D or 2D imaging sequence can be applied. In the 2D case, a 1 80° refocusing pulse is 
used to perform slice selection. (See Sections 14. 1 and 14.3 for details on the imaging 
sequences.) 



a spectrally selective pulse in CHESS requires minimal phase dispersion within 
the passband to avoid signal loss in the image. This can be accomplished using 
SLR pulses with minimum phase design (Section 2.3). Alternatively, we can 
employ BURP pulses with a somewhat longer pulse width. 

In CHESS, the spectrally selective pulse excites all the spins within the 
selected frequency band irrespective of their spatial locations, making this tech- 
nique well suited to 3D imaging. For 2D CHESS imaging, a slice-selective 
refocusing pulse can be applied after the spectrally selective excitation pulse to 
form a spin echo from the selected slice (Figure 4. 16c). Two-dimensional spa- 
tial information can be encoded in the spin echo, as discussed in Section 14.3. 
Because the excitation pulse affects all the spins in the imaging volume, this 
2D imaging technique is not compatible with the interleaved multislice imag- 
ing strategy (Section 11.5). When interleaved multislice imaging is required, 
spatial-spectral pulses (Section 5.4) can be employed instead. 
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Magnetization Transfer Another application of spectrally selective 
pulses can be found in MT imaging, in which a pulse is applied ~ 1.5 kHz 
away from the water resonant frequency to saturate protons associated with 
macromolecules in the tissue. The MT pulse is typically 5-20 ms in duration 
and has a single lobe (e.g., rectangular, Fermi, or Gaussian in shape). Thus 
the MT pulse has a very narrow spectral profile and essentially burns a hole 
in the broad spectrum of the macromolecules. Exchange between free water 
and water bonded to macromolecules provides a unique contrast mechanism. 
Details on this application can be found in Section 4.2. 
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5 . 1 Multidimensional Pulses 

A multidimensional RF pulse (Bottomley and Hardy 1987; Hardy and 
Cline 1989) is spatially selective in more than one direction. Whereas the 
familiar ID spatially selective RF pulse selects a planar slab of magnetiza- 
tion (i.e., a slice), a 2D RF pulse selects a long strip or cylinder (Figure 5.1). 
Similarly, 3D RF pulses are spatially selective in all three directions at once, 
so they affect a voxel of magnetization. Because of their long pulse duration, 
3D RF pulses are less frequently used than their 2D counterparts. This section 
focuses on 2D pulses; additional information about 3D RF pulses can be found 
in Stenger et al. (2002). 

Two-dimensional RF pulses are commonly used for excitation, but they 
can be used for other functions such as saturation, inversion, and refocusing as 
well (Bottomley and Hardy 1987; Pauly et al. 1993). A 2D spatially selective 
pulse requires that gradient waveforms be played on two independent gradient 
axes. The gradient waveforms played during the RF pulse usually resemble 
the readout gradient waveform of either echo planar imaging (EPI) or spirals, 
which are described in Sections 16.1 and 17.6, respectively. The design of 
2D RF pulses with small flip angles is usually accomplished with k-space 
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FIGURE 5 . 1 Representation of the spatial profile selected by RF pulses, (a) A standard, 
1 D spatially selective pulse excites a planar slab, (b) A 2D RF pulse excites either a long 
strip or a long cylinder. (Regardless of the dimensionality of the RF pulse, these are 
idealized shapes; the transition regions of the slice profile are never perfectly sharp.) 

analysis (Pauly et al. 1989), which is described in the next subsection. Iterative 
(Bottomley and Hardy 1987) and SLR (Pauly et al. 1993) methods also can be 
used to design 2D RF pulses. These methods are particularly useful when the 
k-space method does not apply. 

5.1.1 Pulse Analysis and Design 

RF k-Space Analysis Two- (or three-) dimensional excitation pulses with 
small flip angles can be designed and analyzed with RF k-space methods. This 
procedure generally works well for flip angles as high as 90°. To generate a 
2D pulse, at least one of the two selection gradients must oscillate so that a 2D 
k-space is traversed while the RF pulse is played. The spatial profile is then 
calculated with the 2D Fourier transform of the (suitably weighted) B\ field 
applied during the traversal through the 2D k-space. The design considera- 
tions for a spatial selection gradient waveform are thus analogous to those for 
the readout gradient waveform in single-shot data collection in 2D imaging. 
Discussions of specific issues that are related to 2D RF excitation using echo 
planar and spiral trajectories are given in this subsection. 

RF k-space analysis can be derived by generalizing the small flip angle 
approximation for the transverse magnetization generated by an excitation 
pulse with a constant gradient (i.e., Eq. 3.13): 



M x (t)^iyM e- iAa " / fl,(fV' Aa " dt' 
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The phase A</> accumulated by the transverse magnetization has con- 
tributions from off-resonance effects (which we denote / ff), which include 
contributions from gradient-induced fields, chemical shift (/ C s)> susceptibility 
variations, and Bo-fie\d inhomogeneity. The net phase accumulation is: 

A0(r) = 27Tf off t + Y 7- I G(t') dt' (5.2) 



where the vector r denotes the spatial offset from gradient isocenter. In Eq. (5.2) 
the vector G represents the two applied gradients. Without loss of generality, 
we can write G = (G x , G v ), although any two gradient axes can be used, 
including two oblique axes. To maximize the efficiency, the gradient axes are 
invariably chosen to be perpendicular to one another. The area under the slice 
selection waveform defines the RF k-space vector: 

t 7"end 

* (0 = h \ d{t ' }dt ' = ~h f ^ {t ' )dt ' (5 ' 3) 

7"e„d ' 

As also mentioned in Section 5.4, it is a common convention to start the 
integration at the end of the RF pulse (t = r en d) as shown in Eq. (5.3) and then 
proceed to the left. Neglecting off-resonant effects for now, and substituting 
Eqs. (5.2) and (5.3) into Eq. (5.1): 

Tend 

M ± (T end ) % iyMo^ 2m «^ , - ; f B\{t')e l7l[l{, ' )} ' dt' (5.4) 

o 
The exponential factor outside the integral is equal to unity because k-space 
variable is evaluated at 7 en d. Spiral trajectories that travel from the periphery 
to the center of k-space (i.e., spiral in) satisfy this condition and do not require 
a dedicated rephasing lobe. If the pulse is not self-rephased (like a 2D echo 
planar pulse) then we can choose r en d to be the end of the dedicated rephasing 
lobes, which again ensures that the peaks of the sub-pulses are played at the 
center of k-space. An example is shown in Figure 5.2. 

The overall factor of / = V— T in Eq. (5.4) indicates that, just like one- 
dimensional (nonadiabatic) pulses, for on-resonance spins there is 90° phase 
lag between the magnetization response and the applied B\ field. For example, 
if a B\ field is applied solely along the x axis in the rotating reference frame, 
the components of the rephased magnetization (close to resonance) will satisfy 
the relationship M x <£ M y in that frame. 

In order to design the 2D RF pulse, we specify a desired magnetization 
response M±(r) and the two selection gradient waveforms that define the 
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FIGURE 5.2 Gradient and RF waveforms for a 2D echo planar pulse. Two of the 
gradient blips (arrows) have twice as much area as the others because they are located 
near zero-crossings of the envelope pulse. It is often convenient to define T en d in 
Eq. (5.3) to occur at the end of the rephasing lobes (arrow). 



k-space trajectory. Then, Eq. (5.4) is inverted to specify the B\ field as a 
function of time. The inversion step requires a change of integration variables 
in Eq. (5.4) from time t to k-space. The path in k-space that is traced is defined 
by the vector k(t), which is parametrically defined in terms of the scalar t. As 
described in Pauly et al. (1989) and Hardy et al. (1990), the result of inverting 
Eq. (5.4) for the B x field is: 



li(0« G(t) 



NH! // 



M ± (r)e zn 



r dx dy 



(5.5) 



According to Eq. (5.5), the required RF field is the 2D Fourier transform of 
the desired spatial profile, weighted by two factors. The first weighting factor: 



|G(r)| = yG?(0 + G2(0(x 



(5.6) 
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is the speed at which the RF k-space is traversed. The physical interpretation 
of this factor is, in order to produce uniform k-space weighting, the amplitude 
of the B\ field must be reduced when the k-space traversal is slower. The factor 
||G(OII is the multidimensional analog of the one-dimensional factor \G{t)\ 
that is discussed in Section 2.4 on variable-rate pulses. 

The second factor || Ak(t)\\ in (5.5) is a correction for variable sampling 
density. This factor is analogous to the density compensation discussed in 
Section 13.2 on image reconstruction with gridding. If the RF k-space is 
sampled uniformly, then the sampling density term is a constant, and it can be 
dropped. If k-space is sampled nonuniformly, then || A£(OII is set equal to the 
distance in k-space between adjacent samples (Hardy et al. 1990). Note that the 
density compensation used in gridding includes both the |[G(0II and || Ak(t)\\ 
factors. In a simplification similar to that used in gridding, either factor can be 
omitted if it is constant over the RF k-space trajectory. 

Example 5.1 Suppose you are designing a 2D RF pulse with a radial k-space 
trajectory. What is the variable sample density correction? 

Answer With a radial k-space trajectory, the separation between adjacent 
radial spokes is proportional to the distance to the center of k-space. Therefore: 



After substituting this factor into Eq. (5.5), note that the amplitude of the 
applied B\ field at the exact center of the RF k-space is 0. 

According to the shift theorem for Fourier transforms, the center of the 
spatial profile of a 2D RF pulse can be offset by an amount Sr away from the 
gradient isocenter by modulating the B\ field with a linear phase shift: 

B l (t, Sr) oc J 6(0 J I Ait(r) | e' 2 ^^ 87 ff M ± (r)e 27Tik,yr dxdy 

2D profile 

(5.7) 

In practice, the maximal amount of offset ||<5r|| can be limited (e.g., to 15 cm or 
less) by spatial profile distortion introduced by phase errors from off-resonant 
effects. At large values of ||<5r||, the dominant source of error is typically 
the concomitant magnetic field (see Section 10.1), which has quadratic spa- 
tial dependence in comparison to the linear spatial dependence of the desired 
gradients (Eq. 5.2). 



Two-Dimensional Echo Planar Pulses Echo planar trajectories are popu- 
lar for 2D RF pulses because the designs for the two directions conveniently 
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separate, providing independent control over slice thickness in the two 
dimensions. Just like EPI readouts, 2D RF pulses that use echo planar tra- 
jectories employ an oscillating spatial selection gradient in the fast direction 
and a unipolar gradient in the slow, or blipped, direction. The oscillating, fast 
gradient waveform is similar to the sole gradient waveform used for spatial- 
spectral pulses (Section 5.4). Like the spatial-spectral gradient waveform, the 
oscillating waveform for an echo planar 2D pulse is usually composed of 
trapezoidal or triangular lobes of alternating polarity. This waveform produces 
a rapid back-and-forth traversal of k-space in the fast direction. Unlike spatial- 
spectral pulses, however, 2D RF pulses also apply a gradient along a second, 
perpendicular axis. This gradient can be either a weak constant gradient or 
blips. We assume the use of gradient blips here because they are more widely 
used. The purpose of the blipped gradient is to traverse k-space in the slow, 
or blipped, direction. The blips are played normally during the zero-crossings 
of the fast waveform, when the amplitude of the applied B\ field is negligible. 
Figure 5.2 shows the gradient and RF waveforms for a typical 2D echo planar 
RF pulse. Twelve trapezoidal lobes of alternating polarity provide traversal 
through RF k-space in the fast direction. Eleven gradient blips, all of the same 
polarity, provide a single traversal through RF k-space in the slow direction. 

A 2D echo planar pulse design is specified by its oscillatory and blipped 
gradient waveforms, which determine the k-space trajectory, and also a pair 
of one-dimensional RF pulses. We call the longer of the two pulses the slow 
pulse and denote its RF amplitude A s i ow (f). The slow pulse is analogous to 
the spectral envelope in a spatial-spectral pulse because it provides an overall 
modulation over the entire duration of the 2D RF pulse. In the example in 
Figure 5.2, the slow pulse is symmetric, so the RF waveform of the 2D pulse 
peaks near its center. If a minimum phase pulse were used instead, the 2D 
pulse would peak further to the right. 

The shorter duration pulse, which we call the fast pulse, Af ast 0), is analo- 
gous to the spatial kernel pulse in a spatial-spectral pulse, because it is played 
repeatedly, typically under each gradient lobe. The shapes of the fast and slow 
pulses can be chosen independently and can be SINC, SLR, Gaussians, or any 
other desired pulse shape. In Figure 5.2, the slow envelope pulse is a SINC 
(with a time-bandwidth product of 4.0) and the fast pulse is a Gaussian. 

Echo planar pulses have two values of the isodelay (Section 3.1) that 
determine the area of the slice-rephasing gradient lobes. Referring again to 
Figure 5.2, the gradient lobes to the right of the dotted line provide rephasing. 
Because the fast pulse is symmetric in this case, the area of the rephasing lobe 
in the fast direction is equal to one-half the area of one of the trapezoidal lobes. 
The area of the rephasing lobe in the blipped direction is equal to one-half the 
total area of all the blips, because the slow pulse is also symmetric and its 
isodelay is one-half of its pulse width. 
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With the echo planar trajectory, the factor \\G(t)\\ in Eq. (5.5) is important 
because the RF amplitude is typically nonzero during the ramps of the fast 
gradient waveform. The factor ||A£(r)|| usually can be ignored, however, 
because the amount of RF played during the blips is negligible, so the k-space 
is filled in equally spaced lines. (Specifically, no || Ak(t) || correction is required 
for playing RF on the ramps of the fast gradient waveform because the variable 
sampling density correction is concerned with the spacing of the k-space lines, 
not the rate at which each line is traversed.) The B\ amplitude is calculated by 
forming the product: 

Bi(t) = C(e)A s i ow (t b ii p (r))Afast(*fast(0)l|G(r)|| (5.8) 

where C{9) is a normalization factor that is used to set the flip angle 0. For 
more explanation of Eq. (5.8) and schematic diagrams illustrating the k-space 
filling procedure, see Pauly et al. (1989) and Hardy et al. (1990); for more on 
spatial-spectral pulses, see Section 5.4. 

Suppose the fast and slow pulses have dimensionless time-bandwidth 
products r s i ow A/ s i ow and 7f ast A/f ast , respectively. The pulse width r s i ow is 
equal to the entire duration of the 2D RF pulse (not including the rephas- 
ing lobes), and rf ast is equal to the duration of a single fast gradient lobe 
(Figure 5.2). The thickness of the profile along the blipped direction is then 
given by (Alley et al. 1997): 

Av-biip = (5-9) 

Kblip 

where Afbiip is the total extent of the RF k-space traversed along the blipped 
gradient direction. Similarly the thickness of the profile along the fast gradient 
direction is (Alley et al. 1997): 

iJla , = ZkL^l (5 , 0) 

where A^st is the total extent in k-space from a single fast gradient lobe. 

Because the RF k-space is filled discretely in the blipped direction, the 
resulting slice profile is periodic in that direction. The center-to-center dis- 
tance between the desired slice profile and the first replicates is the inverse of 
the separation of the lines in k-space: 

^blip ,, ln 

Ablip 
Because the blips are played in between each gradient lobe, the number of 
blips is related to the total number N of lobes in the fast gradient direction by 

N mp = N-l. 
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Example 5.2 Suppose a 2D echo planar pulse is 1 2 ms long and is composed 
of eight fast gradient lobes. If the slow pulse has a time-bandwidth product 
of 4, how much gradient area should each blip have if the desired thickness in 
the blipped direction is 5 cm? (Assume all the blips have equal area.) 

Answer Because there are eight fast gradient lobes, there are A^biip = 7 blips 
spaced between them. From Eq. (5.9), the total extent in k-space produced by 
these 7 blips is: 

r slow A^i™ Y ytfbiip 

Abiip = — = z— «tot = — ; «biip 

AybHp 2tt In 

The gradient area under each blip ctbiip is therefore: 

_ 27rr s i 0W A/ s i 0W 4 



Dlip yiVwipAjbiip (42.57 MHz/T) 7(0.05 m) 

= 2.685 x 10" 4 mTm _1 s 

Two-dimensional RF pulses with echo planar trajectories are also prone to 
rather large chemical shift artifacts in the blipped direction. This is analogous 
to EPI readouts, in which the fat-water chemical shift can be a large fraction 
of a typical field of view. For the 2D RF pulse, the displacement in the blipped 
direction of the profile for fat relative to water is given by (Alley et al. 1997): 

Ay cs = N ™pf<* T *>" (5.12) 

^blip 

where / cs is the chemical shift in hertz. Using Eq. (5.9), we can recast this 
result into the form: 

Ay cs = ^^Ay blip (5.13) 

A/slow 

Example 5.3 A 2D dimensional RF pulse with an echo planar k-space traject- 
ory has a fast gradient waveform comprising 10 lobes. How big is the spatial 
offset of the fat profile at 3.0 T if the RF bandwidth of the slow pulse is 400 Hz 
and the profile thickness in the blipped direction is 1 cm. 

Answer There are 10 fast gradient lobes, so M,ii p = 10 - 1 = 9. At 3.0 T, 
the fat-water chemical shift is approximately 420 Hz. Therefore according to 
Eq. (5.13), the profile for fat is shifted by: 

A^bi.p/cs. (9)(420Hz) 

Ay cs = . / A>- b iip = (1 cm) = 9.45 cm 

A/ s iow 400 Hz 



5.1 Multidimensional Pulses 133 

Note that the chemical shift is much larger than thickness of the spatial 
profile. 

Finally we note a common trick used in 2D echo planar pulse design. For 
a fixed time-bandwidth product, Eq. (5.9) states that in order to decrease the 
slice thickness Avt,ii p the extent in k-space A^iip must be increased. This can 
be accomplished by increasing the number of blips, which increases the pulse 
duration, or by increasing the area under each blip, which has the drawback 
of decreasing the distance between replicated slice profiles Ay re piicate- Some- 
times, however, the area under selected blips can be increased instead, without 
substantial penalty. If the slow pulse has zero-crossings, then from Eq. (5.8) 
the B\ amplitude of the 2D RF pulse will be approximately zero at, and near, 
those times. Because the RF deposition for those lines in k-space is negligible, 
they can be skipped with little impact on the resulting spatial profile (Alley 
et al. 1997; Rieseberg et al. 2002). This is why the area under the blips is often 
doubled near the zero-crossing of the slow envelope pulse (Figure 5.2). (Also, 
to the extent that the RF weighting is zero for the skipped k-space lines, the 
variable sample density correction can be ignored. This is because we can ima- 
gine the missing k-space lines are present, but have zero weighting.) Note that 
this method of skipping k-space lines is unique to 2D RF echo planar pulses. 
It cannot be used with spatial-spectral pulses because k-space traversal in the 
frequency direction is accomplished by waiting a period of time. We cannot 
speed up time to increase the rate of k-space traversal during the zero-crossings 
of the spectral envelope. Similarly, this method cannot be used for data col- 
lection during EPI readout because we do not know a priori which lines of 
k-space (if any) will have zero signal associated with them. 

Two-Dimensional Spiral Pulses Spiral (Hardy and Cline 1989; Pauly 
et al. 1989) is another popular k-space trajectory for 2D RF pulses. The spa- 
tial selection gradient waveform is a time-reversed version of the single-shot 
(i.e., one-interleaf) spiral readout described in Section 17.6. Because spiral 
trajectories use two oscillating gradients, they cover the 2D RF k-space very 
efficiently. Also, because the trajectory ends at the center of k-space (for an 
inward spiral), no dedicated rephasing lobe is required; that is, the value of 
the isodelay is zero. Also, the gradient moments are approximately nulled at 
the end of the pulse. The main drawback of spiral pulses is that off-resonant 
effects cause blurring (rather than a bulk shift) of the spatial profile. 

Unlike echo planar, which uses a pair of ID RF pulses in the design, 2D 
spiral RF pulse designs use only a single pulse. An example of a spiral RF 
pulse is shown in Figures 5.3 and 5.4. As illustrated in Figure 5.3a, often a 
half-Gaussian RF shape is used (Hardy and Cline 1989; Pauly et al. 1989). The 
resulting spatial profile is cylindrically symmetric, as illustrated in Figures 5.3c 



CHAPTER 5 Spatial Radiofrequency Pulses 




Time (ms) 
(b) Weighted k-space RF deposition 




AyO/cm) -"- " -0.5 /^(i/cm) 
Theoretical selective excitation profile 



FIGURE 5.3 2D RF pulse using a spiral k-space trajectory, (a) Gradient and RF wave- 
forms. Note that no rephasing lobe is required, (b) Plot depicting the spiral trajectory in 
a 2D RF k-space and the deposited S, (f)/||G(r)|| (i.e., the quantity whose 2D Fourier 
transform is the slice profile, since the radial k-space sampling density is approxim- 
ately uniform), (c) The calculated spatial profile (without variable sampling density 
correction). (Courtesy of Kevin Glaser, Ph.D., Mayo Clinic College of Medicine.) 
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FIGURE 5.4 (a) MR image of a gel phantom, (b) Replacing the standard ID excitation 
pulse with a 2D spiral pulse eliminates all the signal except that from a cylinder. The 
axis of the cylinder is up and down, (c) 2D-spiral RF pulse used for spatial saturation, 
with the axis of the cylinder in and out of the page, creating a dark spot, (d) 2D spiral RF 
pulse used for spatial saturation, with the axis of the cylinder up and down. (Courtesy 
of Kevin Glaser, Ph.D., Mayo Clinic College of Medicine.) 



and 5.4. The half-Gaussian pulse shape peaks at the very end of the pulse, 
but when the factor ||G(r)|[ in Eq. (5.5) is accounted for the peak is shifted 
slightly to the left (e.g., from t — 9 to 8 ms in Figure 5.3a.). Although most 
spiral trajectories produce a nearly uniform k-space weighting, sometimes 
the resulting profiles can benefit (Hardy et al. 1990) by the calculation and 
inclusion of the variable sampling density factor |] Ak(t)\\ from Eq. (5.5). 

The thickness d of the 2D profile (i.e., the diameter of the cylinder) 
can be expressed as the ratio of the dimensionless time-bandwidth product 
of the half-Gaussian pulse and the maximal k-space radius obtained by the 
trajectory: 

, TAf 



(5.14) 



As shown in Section 4.2, the dimensionless time-bandwidth product of any 
Gaussian pulse is approximately 2.8. Because k-space is discretely sampled in 
the radial direction with the spiral trajectory, aliasing (i.e., undesired excitation) 
will occur at a spatial radius larger than: 



1 



(5.15) 
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where Ak T is the largest radial spacing in the spiral trajectory as the angular 
variable is increased by 2n. With spiral RF pulses, the aliasing is cylindrical 
rather than a replication of the excited volume, as with echo planar pulses. As 
explained in Section 17.6, for most spiral trajectories, the largest value of Ak T 
occurs at the edge of k-space, which corresponds to the beginning of the 2D 
spiral RF pulse. 

It is interesting to note that a 2D spatial pulse can use echo planar, spiral, or 
virtually any other trajectory that covers the 2D k-space. Except for the blips, 
there is a strong resemblance between the RF and gradient waveforms for a 
2D RF pulse that uses an echo planar trajectory and a spatial-spectral pulse 
(Section 5.4). A spatial-spectral pulse, however, limits the k-space coverage to 
one spatial dimension, while leaving the other dimension for time evolution. 
Therefore, the designer of a spatial-spectral pulse has limited choices and must 
use an oscillatory (i.e., such as the fast gradient in Figure 5.2) waveform for 
the one spatial dimension. 

5.1.2 Applications 

If an application requires a 2D RF pulse, the designer must first choose the 
k-space trajectory. Although many choices are possible, the echo planar and 
spiral families described earlier are by far the most popular. Spiral pulses have 
excellent immunity to flow artifacts and provide shorter minimum TE and TR. 
They have been used for applications such as navigator pulses (Liu et al. 1993) 
and M-mode cardiac profiling (Cline et al. 1991 and see Section 11.4). Echo 
planar pulses, on the other hand, provide independent control of the thick- 
ness of the strip in two directions, and off-resonant spins produce a shifted 
(rather than blurred) profile. Echo planar pulses are ideal for restricted-field- 
of-view imaging, which has found application in MR angiography (MRA) 
(Alley et al. 1997) and reduced echo-train EPI (Rieseberg et al. 2002). We note, 
however, that since the publication of Alley etal. (1997), the advent of contrast- 
enhanced angiography has decreased the application importance of restricting 
the excited field of view in order to increase flow-related enhancement 
in MRA. 

For 2D echo planar RF pulses, it would be convenient to align the blipped 
direction of the RF pulse with the frequency-encoded direction of the acquisi- 
tion, so that the anti-alias filter can remove the replicates and chemically shifted 
regions. The main application of 2D echo planar RF pulses, however, has been 
to restricted-field-of-view imaging. With restricted-field-of-view imaging, the 
blipped direction corresponds to the phase-encoded direction of the acquisi- 
tion, so other means must be used to remove the replicates, such as arranging 
them to fall outside the sensitive region of the coil. (Note that aligning the 
fast direction with the phase-encoded direction does not work very well either, 
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because then the blipped direction corresponds to the slice direction and severe 
aliasing will usually result.) 

As with any RF pulse, it is desirable to keep the duration of a multidi- 
mensional pulse shorter than the shortest T2 component to be imaged. Also, 
as the pulse duration increases, so do the errors from off-resonant effects. For 
2D pulses, it is quite practical to cover a 2D RF k-space with a single shot 
in 5-25 ms. To cover a 3D k-space often takes longer, so multishot excitation 
(Stenger et al. 2002) is used for that application. 

Finally, let us consider the question of when a multidimensional pulse is 
needed and discuss alternative methods. Suppose a pulse sequence applica- 
tion requires the spatial localization of a strip of magnetization. If the pulse 
sequence uses two or more RF pulses to generate the MR signal (e.g., 90° and 
180° RF pulses to form a spin echo), then the use of a dedicated 2D pulse 
might be unnecessary. Instead, the simplest and usually preferred method of 
obtaining a signal from a strip is to first select a plane with the 90° excitation 
pulse and then select a perpendicular plane with the 180° pulse by playing 
the slice-selection gradient on a different axis (Feinberg et al. 1985). The 
intersection of the two planes will be the desired strip (Figure 5.5). Simil- 
arly, if the pulse sequence employs three pulses to generate the signal, such 
as a stimulated echo pulse sequence that uses three 90° pulses, then three- 
dimensional localization is obtained if three different orthogonal gradient axes 
are used for the slice-selection gradients. This approach has been widely 
employed in localized in vivo spectroscopy. Therefore the main application of 







FIGURE 5.5 Drawing demonstrating that a strip of magnetization can be obtained 
from the intersection of two perpendicular planes, an alternative to using a 2D RF 
pulse in spin echo pulse sequences. 
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multidimensional pulses has been restricted to gradient echo pulse sequences, 
in which the MR signal results from the excitation pulse alone. If 3D localiza- 
tion is required in a spin echo pulse sequence, then an effective method is to use 
a 2D excitation pulse in conjunction with a slice-selective refocusing pulse. 
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5.2 Ramp (TONE) Pulses 

Ramp RF pulses (Atkinson et al. 1994; Priatna and Paschal 1995) have 
spatially varying flip angle profiles (Figure 5.6). They are also called tilted 
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FIGURE 5.6 Schematic representation of a ramp pulse. The flip angle of the pulse 
increases as a function of distance in order to equalize the signal from flowing blood. 
The extent of the imaging slab (i.e., the entire set of encoded slices) is also indicated 
in the figure. 



optimized jionsaturating excitation (TONE) pulses. Ramp pulses are used for 
RF excitation to equalize the signal produced by flowing blood as it traverses 
through a thick slab of slices. The most common application is to 3D time- 
of-flight (3DTOF) MR angiography. If a constant flip angle is used across the 
slab in 3DTOF, then flow-related enhancement causes blood to produce strong 
signal at the entry slices. Saturation (i.e., incomplete T\ relaxation) of the 
longitudinal magnetization, however, then causes the signal to progressively 
fade as the blood experiences more RF pulses (Figure 5.7a). To counteract 
this uneven signal, the flip angle of a ramp pulse is set to a lower value (e.g., 
15°) where the blood first enters the slab. The flip angle then progressively 
increases until it reaches its maximal value (e.g., 35°) where the blood exits 
the slab (Figure 5.7b). 

The ratio of the exit-to-entrance flip angles (e.g., 40°/20° = 2:1, or 
simply 2) is called the ramp or TONE ratio. By convention, the nominal flip 
angle of a ramp pulse is its flip angle on resonance, that is, at the center of the 
slab. The flip angle can vary either linearly or nonlinearly with spatial position, 
depending on the design of the pulse, but it always increases monotonically 
along the direction of flow. For a linear ramp pulse, the nominal flip angle is 
the average of the entry and exit values. 



5.2.1 Qualitative Description 

Suppose you have $300 budgeted for the month of June. You could spend 
the money at a constant rate of $ 1 per day. If, however, there are other factors 
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FIGURE 5.7 A sagittal targeted maximum-intensity projection view of the right-side 
intracranial circulation acquired with 3DTOF at 3.0 T. The 3D slab is composed of 
64 1 ,4-mm slices, for a total thickness of 90 mm. (a) With a standard 25° flip angle 
excitation pulse the signal in the right internal carotid (hollow arrow) is strong, but the 
signal progressively fades due to saturation of the longitudinal magnetization, (b) With 
a ramp pulse (same acquisition parameters) note that some of the signal in the internal 
carotid artery is sacrificed but that the distal vessels are much better visualized (thin 
arrow). 



that enter into the budget (e.g., interest is earned on any money that is not 
yet spent), then it might be advantageous to spend less than $10 per day in 
the beginning of the month and more toward the end. In this analogy (which 
is somewhat imperfect), the longitudinal magnetization corresponds to the 
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unspent money, the flip angle of the excitation pulse corresponds to the rate of 
spending, and the MR signal corresponds to what is purchased. The higher the 
flip angle (assuming it is no greater than 90°), the greater the conversion from 
the longitudinal magnetization to the transverse magnetization that produces 
the MR signal. 

In 3DTOF MR angiography, fresh blood that flows into the slab has 
longitudinal magnetization approximately equal to its maximum value, the 
equilibrium magnetization Mo. As blood flows through the slab, it experiences 
one RF pulse during each TR interval. The slower the blood flows through the 
slab, the more RF pulses the blood will experience before it exits the slab and 
the more saturated it will become. A ramp pulse is designed to preserve more 
of the longitudinal magnetization of the in-flowing blood by applying smaller 
flip angles at the entry slices, and the flip angle is progressively increased 
further into the slab. Therefore, the slab profile of a ramp pulse is not spa- 
tially symmetric. The resultant signal response of flowing blood, however, is 
more uniform. To properly use a ramp pulse, the operator must specify the 
direction of flow. For the axial plane acquisitions that are commonly used for 
3DTOF intracranial angiography, the ramp pulse slopes upward in the patient's 
foot-to-head direction, which is also called inferior-to-superior (I-to-S). 

If a single known velocity characterizes the flow, then the optimized flip 
angle profile can be calculated, as illustrated in the next subsection. These 
flip angle profiles have slopes that progressively increase throughout the slab 
(Figure 5.8). As discussed in Section 5.2.3, however, often the vessels take 
tortuous paths through the slab, so the optimization calculation is not feasible. 




FIGURE 5.8 Plot of the optimized ramp pulse calculated in Example 5.4. The slope 
is nearly constant until the last few TR intervals. The iteration breaks down, and there 
is no solution for j = 10. 
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In that case a simple, linear ramp pulse can be used instead. A linear ramp 
pulse is not optimized for any particular flow geometry, but works well under 
a wide variety of flow conditions. Also, as shown on Figure 5.8, the linear 
ramp provides a good approximation to the optimized profile, except near 
the exit slices. Because they are more tolerant of patient-to-patient variations 
encountered in clinical imaging situations, linear ramp pulses are widely used. 
Although nonlinear ramp pulses are not as popular, the optimization process 
is instructive, and a simple example is presented next. 

5.2.2 Mathematical Description 

The concept of equalizing the MR signal from blood as it traverses a slab 
of slices can be quantified by setting up a recursion relationship for the MR 
signal in two adjacent TR intervals (Wang et al. 1991). This, in turn, provides 
a recursion relationship for the flip angles in those two TR intervals. Thus, we 
can calculate a series of flip angles that keeps the MR signal constant. Keep 
in mind, however, that for the actual ramp pulse we always repeat the same 
excitation pulse in each of the TR intervals, so the variation in the flip angle is 
implicitly caused by the flow of blood through the slab. 

To simplify the analysis, assume that a spoiled gradient echo sequence 
(e.g., spoiled FLASH or SPGR, see Section 14. 1 ) is used and that the excitation 
pulse is the only RF that the flowing blood experiences. There might be other 
RF pulses in the sequence (e.g., a magnetization transfer pulse), but if it is 
applied far off-resonance it will not affect the magnetization of the blood. 
As explained in Section 14.1, spoiled pulse sequences dephase any residual 
transverse magnetization at the end of each TR interval. The more complicated 
case in which the residual transverse magnetization is accounted for (e.g., in 
the true FISP sequence, see Section 14. 1) is considered in Nagele et al.(1994, 
1995). 

For the spoiled gradient echo sequence, the MR signal produced in the jth 
TR interval is proportional to: 

Sj = M zj sinOj j = 1,2,3,... (5.16) 

where M z j is the longitudinal magnetization just before the RF pulse in 
the jth TR interval, and Oj is the flip angle of the jth excitation pulse. The 
condition that the MR signal is equalized can be expressed by the simple 
relationship: 

S j+ i=Sj j = 1,2,3,... (5.17) 

The longitudinal magnetization also undergoes T\ relaxation between the 
RF pulses, which partially restores M z . As described in Section 1 .2, the Bloch 
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equation for T\ relaxation states: 

dMt = M -M z (5 lg) 

dt T] 

which has the solution: 

M z (t) = M - [Mo - M c (0)] e' t/T] (5.19) 

In the context of our series of excitation pulses, the T\ relaxation of Eq. (5.19) 
can be expressed as: 

M zJ+ i =M - (M - M zJ cosdj)e- TR/Ti (5.20) 

because the z component of the magnetization remaining immediately after 
the y'th RF pulse is M z j cos 9j. Equation (5.20) also assumes that the spacing 
between RF pulses is TR, that is, that the pulse width of the excitation pulse 
can be neglected compared to TR. Combining Eqs. (5.16), (5.17), and (5.20) 
yields: 

. / M^sinfl; \ 

°^ = arCSm U-(Mo-M z ,cos^-™/^] (5 - 21) 

and 

M z , j sine j 

M z j+\ = —r-z (5-22) 

sm6j + i 

Equations (5.21) and (5.22) provide a recursive approach for designing a ramp 
pulse. Fully magnetized blood (i.e., M z = M ) enters the slab and experiences 
a flip angle 6\. Assuming that TR and T\ are specified, Eqs (5.21) and (5.22) 
then provide the next flip angle in the series, 02, and so on. This iteration 
provides a flip angle series that monotonically increases, and both the first and 
second derivatives are positive. 

Because typical repetition times of 3DTOF acquisitions are on the order of 
TR = 30 ms, and the T\ of blood is approximately 1200 ms at 1.5 T, the expo- 
nential factor <?~ TR/ Ti % 1 . Due to the small amount of longitudinal relaxation 
in each TR interval, the iterative process eventually breaks down and produces 
no valid solution as the flip angle approaches 90° and the longitudinal mag- 
netization approaches 0. The eventual failure of the iteration can be inferred 
from Eq. (5.21), by recalling that cos 90° = and the arcsine function does 
not return a real angle when its argument is greater than 1 . In practice, the 
maximal flip angle of a ramp pulse is normally designed to be much less than 
90° (e.g., 40°), so that the instabilities in Eq. (5.21) are not a problem. 

In order to apply the Eqs. (5.21) and (5.22) to the design of ramp pulse, 
we first estimate the total thickness N z Az of the 3D slab of slices, where 
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N z is the number of encoded slices, and Az is the slice thickness. We also 
need to know the component of the blood velocity v in the slice direction. 
During each TR interval, the blood travels a distance v x TR, so that total 
number of pulses the blood experiences as it traverses the slab of slices is: 



( N z Az \ 
\vTRj 



- Next highest integer 



The different values for initial flip angle 9\ can be varied until the last flip angle 
in the series P is a predetermined value less than 90° (e.g., 45°). 

Example 5.4 Suppose a 3DTOF acquisition is composed of a slab of 64 
1.2-mm-thick slices. Assume the velocity of blood through the slab is v = 
40cm/s, TR = 30 ms, and T\ = 1200 ms. (a) How many TR intervals P 
does it take for the blood to traverse the slab? (b) If the magnetization is 
initially fully magnetized and the entry flip angle is 20°, calculate the first P 
terms in the flip angle series, (c) What is the value of the constant product 
Sj = M zJ sin 0j, j = 1, 2, 3, . . . , P? 

Answer 

(a) The blood travels a distance v x TR = 12 mm during each TR interval. 
The entire slab is 76.8 mm thick, so for j = 6 the blood is still in the 
slab and for / = 7 the blood is out of the slab. Therefore P = 1. 

Table 5.1 
Results for Example 5.4° 



TR Interval 


M zJ 




Index j 


9j (degrees) 


1 


1 


20 


2 


0.941182 


21.30879 


3 


0.879881 


22.87437 


4 


0.815362 


24.80113 


5 


0.746579 


27.26564 


6 


0.671937 


30.59768 


7 


0.588792 


35.51278 


8 


0.49213 


44.02552 


9 


0.369816 


67.64387 


10 




Undefined 



The flip angle progressively increases, but after j = 
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(b) Using Eqs. (5.21) and (5.22) we can generate Table 5.1. The values 
for j = 8 and j = 9 are also provided to show the behavior of the flip 
angle just prior to the breakdown of the recursion relation. A plot of 
the flip angle 6j versus j is shown in Figure 5.8. 

(c) From Table 5. 1 , the constant value is Sj = M z j sin 8j = 0.34202M . 



5.2.3 Implementation Details 

If the maximal flip angle in a ramp profile is on the order of 45° or less, 
then the nonlinearity in the Bloch equations can be neglected and the pulse can 
be designed with a Fourier transform method. First we start with a standard, 
nonramp excitation pulse such as a SINC or minimum-phase SLR pulse. Then 
the pulse is Fourier transformed (explained in Section 3.1) and provides the 
small flip angle slice profile. That profile is then multiplied by the desired ramp 
profile, and the product is then inverse Fourier transformed to yield the final 
ramp pulse. Thus the ramp pulse is the convolution of the original RF pulse 
and the inverse FT of the ramp function. The ramp pulse will always have both 
real and imaginary components in the time domain (i.e., it has nonzero phase) 
because its slice profile is asymmetric. A typical design procedure for a ramp 
pulse using the Fourier transform method is to start with a minimum phase pulse 
with a dimensionless time-bandwidth product of 10-20 and to apply a linear 
ramp with an exit-to-entrance ratio of 2: 1 . As described in Section 2.3 on SLR 
pulses, the relatively high value of the time-bandwidth product yields a sharper 
transition region in the profile, which in turn reduces wrap in the slice direction. 

Ramp pulses can also be designed directly using the SLR method. 
The desired profile, including the ramp, is specified, converted into the appro- 
priate polynomials, and then inverse SLR transformed to yield the desired RF 
pulse. This design method is not subject to the errors arising from nonlinearity 
in the Bloch equations and so is preferred for larger maximal flip angles. 



5.2.4 Applications and Related Pulses 

Ramp pulses are commonly used for 3DTOF angiography. The use of 
3DTOF has been mainly supplanted by contrast-enhanced MR angiography, 
except for imaging the intracranial arteries, where the venous return time is 
nearly zero. Unlike the arteries of the neck and legs that take relatively straight 
paths, the vessels in the head tend to follow tortuous routes (Figure 5.7). There- 
fore, there is no single value for the perpendicular velocity component v that 
is valid for all the arteries. Moreover, there is a distribution of flow velocit- 
ies (e.g., laminar) within each vessel that further complicates the problem. 
For these reasons, it is difficult to calculate an optimized ramp profile for 
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intracranial 3DTOF. Instead, a linear ramp pulse is usually chosen because it 
performs well for a variety of velocity values. Typical ramp ratios range from 
2:1 to 3:1, which could correspond to flip angle ranges of 40-20° or 30-10°, 
respectively. 

Slower-flowing spins experience greater saturation by the time they exit 
the slab. Because the slowest flow tends to occur near the vessel wall, the 
use of a ramp pulse can sometimes appear to sharpen the vessel margins, as 
illustrated in Figure 5.7. Conversely, without the ramp pulse, the signal can 
become increasingly saturated near the vessel wall, sometimes giving the artery 
a blurred appearance. If the vessels are too tortuous, however, and the flow 
direction reverses (e.g., from superior to inferior), then the ramp pulse can 
increase signal saturation and be counterproductive. 

Ramp pulses can be used with both single- and multiple-slab 3DTOF 
acquisitions. As explained in Section 15.3, multiple overlapping thin-slab 
acquisition (MOTSA) is used for the same purpose as ramp pulses — to reduce 
the signal saturation of blood as it traverses through a thick slab of slices. Using 
ramp pulses in conjunction with MOTSA may seem like unnecessary duplica- 
tion, like wearing both a belt and suspenders. In practice, the combination of 
ramp pulses and MOTSA is quite useful because it allows each MOTSA slab 
to be somewhat thicker (e.g., 40 mm) without saturating the magnetization of 
the slower flowing blood. As a result, there is less time wasted in acquiring 
the overlapping slices. Figure 5.9 shows an example of a two-slab MOTSA 
acquisition, in which each slab uses its own ramp pulse. Note that the use of 





FIGURE 5.9 Example of a two-slab MOTSA acquisition in which each slab uses its 
own ramp excitation pulse. Each slab is composed of 32 1 .4-mm slices. The use of 
the ramp pulse yields a very continuous vessel signal at the slab boundary (arrow), 
although there is enhanced discontinuity in the stationary tissue background signal. 
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the ramp pulse actually accentuates the discontinuity of the signal intensity of 
the stationary tissue background. More important, however, the vessel signal is 
quite uniform (arrow). Although it may initially look distracting, the Venetian 
blind artifact in the stationary tissue background should not adversely affect 
the radiologist's diagnosis. 

There are several pulse sequences that vary the RF flip angle in a way 
that is analogous to ramp pulses. A close analog is sometimes used to image 
hyperpolarized noble gases such as 3 He (Moller et al. 2002). Hyperpolar- 
ized gases achieve very high values of the longitudinal magnetization (e.g., 
10 4 -10 5 x Mo) with optical pumping techniques. The hyperpolarized gas can 
then be inhaled and used to make images of the airways and bronchi. Unfor- 
tunately, any subsequent T\ recovery is to Mo rather than the hyperpolarized 
value of the longitudinal magnetization. For this reason, gradient recalled echo 
imaging with a series of excitation pulses that have progressively increasing 
flip angles has been proposed. 

Other examples of varying the flip angle for a series of RF pulses in 
MRI include the echo stabilization that is used for the refocusing pulses in a 
RARE sequence and the half-angle catalyst pulse that is used in steady-state 
gradient echo sequences such as true FISR These methods result in flip angle 
profiles that vary temporally but not spatially. These techniques are discussed 
in Sections 16.4 and 14.1, respectively. 
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5.3 Spatial Saturation Pulses 

Spatial saturation or presaturation is a method for removing unwanted 
signals from a specified location (Felmlee and Ehman 1987; Edelman et al. 
1988). It is especially useful for reducing respiratory artifacts arising from 
motion of the abdominal wall; for removing signals from spins flowing into a 
slice from a given direction, for example in 2DTOF imaging (see Section 15.3); 
or for reducing aliasing in the phase-encoded direction by attenuating the signal 
from outside the field of view. 

The idea behind spatial saturation is to use a spatially selective 90° 
RF pulse to flip longitudinal magnetization into the transverse plane (i.e., 
saturate it) over one or more selected areas (saturation bands) as shown in 
Figure 5.10. Unlike excitation or refocusing RF pulses, spatial saturation 
pulses should result in as little transverse magnetization as possible. Therefore 
we intentionally create phase dispersion across the saturated band to dephase 
the transverse magnetization following the RF pulse. The RF pulse can be 
designed to produce maximal phase dispersion across the saturation band, 
and the gradient rephasing pulse normally used with selective excitation is 
omitted. 

The RF pulse is followed instead by a gradient dephasing pulse (spoiler 
gradient pulse; see Section 10.5) to further eliminate signal from the saturation 
band (Figure 5.11). Because the magnetization is already partially dephased 
in the slice-selection direction following the spatial saturation RF pulse, pla- 
cing the spoiler on the slice-selection axis sometime has limited benefit. 
Therefore the spoiler pulse is usually placed on a different gradient axis to give 




FIGURE 5.10 Spatial saturation bands placed to the superior, right, and posterior 
sides of the imaging slices. A/P, R/L, and S/I denote anterior/posterior, right/left, and 
superior/inferior, respectively. 



5.3 Spatial Saturation Pulses 




Spatial saturation sequence 



Imaging sequence 



FIGURE 5.11 A spatial saturation sequence with spoilers followed by a gradient 
recalled-echo imaging sequence. In this example, the saturation band and imaging 
slices are parallel. The 90° saturation pulse has a different carrier frequency from the 
excitation pulse. The saturation pulse has spoilers on two of the gradient axes. 

additional phase dispersion in an orthogonal direction. The spoiler is normally 
played at maximum amplitude to minimize the impact on imaging time. 

Before the longitudinal magnetization has sufficient time to recover, 
the saturation pulse is followed by excitation and imaging of the desired area. 
The saturation pulse is typically played out for every TR of the pulse sequence, 
although for some fast gradient echo pulse sequences it can be played less 
frequently. 

The imaged volume can intersect the saturated region or can be adjacent 
to it. The saturation region can have a different plane orientation than the 
imaging region. For example, in abdominal scanning the imaged slice could 
be axial with a coronal spatial saturation slice placed over the anterior part of 
the abdominal wall within the field of view. 



5.3.1 Implementation 

The thickness of the saturated band typically ranges from 10 to 80 mm. 
For imaging, the profile of the saturation band is somewhat less critical than for 
spectroscopy because in imaging its purpose is to reduce signal from a broad 
area rather than to localize a small voxel. Hence RF pulse design requirements 



150 



CHAPTER 5 Spatial Radiofrequency Pulses 



are more demanding for spectroscopy than for imaging. Standard methods are 
typically applied to the design of spatial saturation RF pulses (as in Section 3.1, 
for example). Because the spatial saturation pulse is usually played once per 
TR interval, improving the slice profile of the pulse by increasing its pulse 
width can increase the minimum TR and hence impact imaging time or the 
maximal number of slices that can be acquired within a TR time. The pulse 
designer must therefore make a trade-off among the imaging time, saturation 
band profile, and number of slices within a TR. 

Inadequate dephasing by the gradient spoiler can cause remnants of the 
FID from the saturation pulse to be superimposed on the imaging echo. If the 
FID becomes spatially encoded by the imaging gradients, the unwanted signal 
originating from the saturation band can overlay the image. Increasing the 
spoiler area usually eliminates the FID signal, although this can prolong the 
imaging time. If the spoiler area is too large, gradient coil or gradient amplifier 
heating limits can cause an unwanted increase in TR. The heating limits, which 
are less restrictive with modern hardware, can sometimes be overcome by 
moving the spoiler pulse to an axis with a lower gradient duty cycle. 

An important application of spatial saturation is 2DTOF imaging. In this 
technique, the imaging slice and saturation band both lie in the same plane, 
which is usually chosen to be axial. The saturation band is slightly displaced 
from the imaging slice. The displacement direction depends on the type of 
flow to be saturated (Figure 5.12). For example, to saturate venous flow in 
the neck, the saturation volume is placed superior to the imaging slice. To 
saturate venous flow in the legs, the saturation volume is placed inferior to the 
imaging slice (i.e., in the caudal direction). The distance between the imaging 
and saturation slices (saturation gap) is typically 5-30 mm. The saturation gap 
is kept constant for all slices to ensure uniform flow suppression. A saturation 
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FIGURE 5.12 Spatial saturation band placement for (a) venous flow suppression and 
(b) arterial flow suppression. The arrows indicate the direction of blood flow. 
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FIGURE 5.13 Spatial saturation for fat suppression. The fat spatial saturation band 
and imaging slice (hatched) are shifted with respect to water due to chemical shift in 
the slice direction. The saturation band shifts by a greater distance than the imaging 
slice mainly because the saturation band is much thicker than the imaging slice. The 
saturation gap is chosen so the fat spatial saturation band overlays the fat imaging slice. 
Distances are exaggerated for clarity. 

pulse that moves to maintain a constant separation from the imaging slice is 
sometimes called a traveling or concatenated saturation pulse. 

Spatial saturation can simultaneously suppress both unwanted flow and fat 
signals in 2DTOF. In a technique called spatially separated lipid presaturation 
(SLIP) (Doyle et al. 1991) the saturation gap and saturation pulse are chosen 
so that the chemical shift of fat causes the saturation pulse to saturate the fat 
spins in the imaging slice (Figure 5.13). 

Example 5.5 A 2DTOF pulse sequence uses 1-mm-thick imaging slices 
and an excitation pulse with bandwidth 1 .0 kHz. At 1 .5 T, the chemical shift 
between fat and water is approximately 210 Hz. If the spatial saturation excita- 
tion pulse is chosen to have a bandwidth of 1 .5 kHz and the slice-select gradient 
for the saturation pulse is chosen to give an 80-mm-thick saturation band, 
what is the maximum saturation gap that allows fat saturation of the imaging 
slice? 

Answer The fat spins excited by the imaging pulse are shifted with respect 
to the water spins by 1 mm x (210 Hz/ 1000 Hz) = 0.21 mm. The fat spins 
excited by the saturation pulse are shifted with respect to the water spins by 
80 mm x (2 10 Hz/ 1500 Hz) = 11.20 mm. Taking into account the 1-mm 
slice width and 0.2 1-mm slice shift, the saturation gap can be no more than 
11.20-1.0-0.21 = 9.99 mm. 

Sometimes saturation bands are applied to two opposite sides of the acquis- 
ition volume. For example, to completely eliminate the blood flow signal from 
all in-flowing spins in axial slices, axial saturation bands are applied on both 
the superior and inferior sides of the imaging volume. If the bands have equal 
thickness, they can be conveniently generated with a single RF pulse by mod- 
ulating the RF pulse by a cosine function, that is, by multiplying the RF pulse 
by cos 2jt/o?, where /o is chosen based on the saturation band separation. 
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This is sometimes known as Hadamard (after Jacques Salomon Hadamard, 
1865-1963, a French mathematician) or double-sideband modulation. The 
cosine modulation function is used because its Fourier transform is two delta 
functions displaced symmetrically around DC by the cosine frequency /o (see 
Section 1.1): 

wry w,i W/-/o> + *(/ + /»>] ,«™ 

FT[cos27r/of] = (5.24) 

The use of double-sideband saturation has the advantage that the total RF 
duration is only one-half that of playing two separate single-sideband pulses. 
The peak RF amplitude, however, doubles to compensate for the factor of 2 in 
the denominator in Eq. (5.24). Consequently, the average SAR also doubles 
compared to playing two separate single-sideband pulses, while the peak SAR 
quadruples. It should be noted that the double-sideband approach is valid 
only when the two saturation bands are parallel to one another. When two 
nonparallel saturation bands are required on either side of an imaged volume, 
two separate single saturation pulses must be employed. 

Example 5.6 An RF excitation pulse B\(t) with bandwidth 1 .0 kHz is to be 
used to saturate two identical axial slabs with thickness 80 mm surrounding 
the imaging volume. The slabs are centered at z = —10 cm and z = +14 cm, 
respectively. Using the small flip angle approximation (i.e., linear Bloch equa- 
tion solution), calculate the cosine envelope modulation for the pulse and the 
necessary carrier frequency offset 8f. 

Answer The distance between the slabs is 24 cm. If the slabs were centered 
at z = 0, each slab would be offset by 12 cm. The corresponding cosine 
modulation frequency is given by /o = (1000Hz)(12cm/8cm) = 1500 Hz. 
To offset the two slabs to z= — 10cm and z= + 14cm, the center 
of mass is offset by 2 cm. The carrier frequency offset is therefore Sf = 
(1000Hz)(2cm)/(8cm) = 250Hz. 
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5.4 Spatial-Spectral Pulses 

Spatial-spectral (SPSP) RF pulses (Meyer et al. 1990; Block et al. 1997; 
Schick 1998; Zur 2000) (also known as spectral-spatial pulses) excite magnet- 
ization that has both a specified slice location and a specified spectral content. 
An SPSP pulse can be used to excite a slice of magnetization from one chem- 
ical species (e.g., water) while leaving the magnetization from another (e.g., 
lipids) virtually unaffected. A common application is to use a single SPSP 
pulse to replace the combination of a spectrally selective presaturation pulse 
(Section 4.3) and an excitation pulse (Section 3.1). SPSP pulses can also be 
used for other applications besides excitation, such as saturation (Zur 2000). 

SPSP RF pulses have several advantages. First, the duration of the SPSP 
pulse is often shorter than the combined duration of the two pulses that it can 
replace. Second, and perhaps more important, SPSP pulses offer better tol- 
erance to B\ inhomogeneity than conventional fat-saturation pulses. This is 
because the signal from lipids is never excited, as opposed to being excited and 
then dephased. For example, suppose the nominal flip angles for a fat-saturation 
and excitation pulse are both 90°, but due to B\ inhomogeneity, a particular 
location experiences only 30° flip angles. In this case, the fraction of the lipid 
magnetization undisturbed by the fat-saturation pulse is cos(30°) = 87%. The 
excitation pulse will then excite sin(30°) = 50% of the water magnetization, 
whereas sin(30°) x cos(30°) = 43% of the lipid magnetization is excited. 
An SPSP pulse, however, is designed to provide only negligible excitation of 
lipids. Suppose a 90° SPSP pulse excites 4% of the lipid magnetization. In 
our example, only sin(30°) x 4% = 2% of the lipid magnetization would 
be excited. The SPSP pulse therefore provides a 21 -fold improvement in lipid 
suppression over conventional fat saturation in this example. Finally, not excit- 
ing lipids means that regrowth of their longitudinal magnetization due to T\ 
relaxation is not a concern. 

There are many variants of SPSP pulses, but all consist of multiple 
RF subpulses that are played under a broad RF envelope. The subpulses, 
together with a concurrent oscillating bipolar slice-selection gradient wave- 
form (Figure 5.14), determine the spatial selectivity, whereas the RF envelope 
governs the spectral content. The spatial RF subpulses can be played under 
some, or all, of the gradient lobes. A time- varying gradient is required because 
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FIGURE 5. 14 A spatial-spectral pulse. The oscillating gradient waveform (solid line) 
and RF waveform Z?i. sps p(/) (dotted line) are shown. The spectral RF envelope A spec (t) 
is shown (top) for reference. Note how the spectral envelope modulates the amplitudes 
of the spatial subpulses. 

a constant slice-selection gradient produces identical (but spatially offset) 
replicates of the slice profiles for chemical species such as lipids and water. 
The oscillating gradient waveform can be sinusoidal in shape, but more com- 
monly it is implemented with trapezoidal lobes of alternating polarity as in 
Figure 5.14. The trapezoid maximizes the area under the gradient lobes, which 
allows thinner slices. 



5.4.1 Mathematical Description 

Joint Spatial-Spectral RF k-Space Just as the standard k-space is a useful 
concept for analyzing spatial encoding and data acquisition, a two-dimensional 
(2D) SPSP RF k-space (Meyer et al. 1990) is a useful tool for designing 
SPSP RF pulses. RF k-space is a valid construct for analyzing small-flip-angle 
RF excitation, in which the magnetization response is well approximated by 
the Fourier transform of the RF envelope. An RF k-space with two spatial 
dimensions is discussed in Section 5.1. 

We denote spatial and spectral axes of the 2D RF k-space by k z and kf, 
respectively. As with the standard k-space, the spatial axis k z is defined as 
the area under the gradient G z (t), except that by convention the integration 
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proceeds from right to left: 



7"end 

It is often convenient to select 7 en d to be the end of the slice-rephasing gradi- 
ent lobe to ensure that the center of each gradient plateau of the SPSP pulse 
corresponds to k z = 0. 

The spectral axis of the 2D SPSP k-space can be defined by analogy 
to the spatial dimension. Recall from Eq. (5.25) that the phase (in radians) 
accumulated from spatial displacement z is <p = 2nk z z, whereas the phase 
accumulated by magnetization with a frequency offset / during a time interval 
t is <p = 2nft. 

By convention, we set k/(t = r en d) = 0, so we define: 

*/ = ^end - t (5.26) 

Equation (5.26) implies that traversal along the spectral dimension of the SPSP 
k-space is accomplished simply by waiting. Therefore, separating the RF 
subpulses in time ensures that they are distributed along the kf axis. 

The Oscillating Gradient: True and Opposed Null Designs Just as com- 
pletion of a 2D image acquisition requires filling the standard k-space with 
signal data, the design of an SPSP pulse requires filling the 2D SPSP k-space 
with RF data. The process of designing an SPSP pulse begins with the selection 
of the oscillating gradient waveform, which in turn determines the k-space tra- 
jectory according to Eqs. (5.25) and (5.26) and as shown on Figure 5.15. Unless 
limited by physiological constraints such as peripheral nerve stimulation, we 
typically choose trapezoidal lobes with the maximal gradient amplitude ±h 
and use the minimal rise time r. These choices maximize the extent in k z , 
which generates the thinnest slices, because Az oc l/k z , max . Naturally, to 
obtain thicker slices the gradient amplitude and slew rate (i.e., h/r) can be 
scaled down, but a more optimal result can be achieved by redesigning the 
SPSP pulse to make full use of the maximal gradient performance. 

An important parameter of the oscillating gradient is its period T, which 
is determined by the type of SPSP design and the frequency separation of the 
excited and suppressed chemical species. As derived in Meyer et al. (1990) 
and illustrated in Figure 5.16, the magnetization response to the SPSP pulse 
has a main peak at / = (i.e., on-resonance), as well as periodic replicates. 

Assuming that spatial subpulses are played under both the positive and 
negative gradient lobes, the frequency separation between the replicates is 
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Time (or -k f ) 

FIGURE 5. 15 A spatial-spectral pulse is constructed by first generating an oscillating 
gradient (solid line) that has period T or lobe width T/2. Here the gradient is com- 
posed of trapezoidal lobes of amplitude h and rise time r. For the plot of the trapezoidal 
gradient, the horizontal axis represents time and the vertical axis represents gradient 
amplitude. The spatial-spectral k-space (dotted line) trajectory generated by this gradi- 
ent waveform is superimposed. The horizontal axis for the k-space trajectory represents 
kf and the vertical axis represents k z . Note that the center of the each gradient plateau 
corresponds to k z = 0. The slice-rephasing lobe, a negative-polarity trapezoid with 
one-half the area of each gradient lobe, is not shown. 

given by 2/T, so the main peaks appear at: 



/ma 



= o,±- 



(5.27) 



Phase cycling techniques (Block et al. 1997; Schick 1998; Zur 2000) of the 
spatial RF subpulses can be used to shift these values and even to suppress the 
/ = peak (Zur 2000). Halfway between the main replicates are the secondary 
peaks (see Figure 5.16). The frequency offset of the secondary peaks is related 
to the period of the oscillating gradient by: 






(5.28) 



The secondary peaks are smaller in height than the main peaks. At each 
secondary-peak frequency location, there are two peaks with opposite polarit- 
ies; that is, the polarity of the magnetization response approximately reverses 
sign when z is negated: 



M,(-z,/ scnd )%-M v (z,/ scnd ) 



(5.29) 
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z(cm) 

FIGURE 5.16 Contour plot of the magnetization response |Afj_| versus spatial and 
frequency coordinates obtained by numerically solving the Bloch equations for an 
SPSP pulse with a gradient oscillation period T = 2.38 ms. The main slice-selection 
peak (a) is located at / = and has a slice thickness of approximately 7 mm. Replicates 

(b) of this main lobe are located at frequency ±2/ T = ±840 Hz. Halfway between 
the main replicates at / = ±1/7 = ±420 Hz are the asymmetric secondary peaks 

(c) The annotations + and — indicate the sign of the response of M y . The frequency 
valley where lipids are placed for a true null SPSP pulse is indicated by (d) In this 
example, the valley occurs at / = —210 Hz, which is suitable for lipid suppression 
at 1.5 T. 



(The relationship in Eq. 5.29 becomes an equality if the spectral envelope, the 
top graph in Figure 5.14, is symmetric about its center, as it is for a SINC or 
linear phase SLR pulse.) We also note another symmetry relationship that is 
always true as long as the B\ field is applied in the x direction in the rotating 
frame and which is also apparent in Figure 5.16: 

M y (z,f) = M y (-z,-f) (5.30) 

Generally the period T is chosen so that if water is on-resonance the 
Larmor frequency of lipids falls in the valley halfway between / — and 
the nearest secondary peak. This design is sometimes called a true-null SPSP 
pulse. As can be seen in Figure 5.16 (arrow d), the frequency separation / cs is 
related to the period T by: 



/cs = ; 



1 



(true null) 



(5.31) 
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Example 5. 7 Water protons resonate at a frequency (in hertz) approximately 
/ cs = 140 x Bo (in teslas) higher than lipid protons. What is the period of the 
oscillating gradient to produce a true-null SPSP pulse at 3.0 T? What is the 
duration of each trapezoidal lobe (including ramps)? 

Answer The chemical shift between fat and water at 3.0 T is approximately 
/cs « 420 Hz. Using Eq. (5.31), we obtain: 

T = = = 1.19ms 

2/ cs 2x420 Hz 

Therefore, each trapezoidal lobe is approximately T/2 = 595 p,s in duration. 

Sometimes the duration of the gradient lobe required by the true-null 
design is too short to provide the time-bandwidth product required for the 
spatial subpulses to yield the desired slice profile. In this case, an opposed-null 
design can be used. With the opposed-null design, the period of the oscillating 
gradient is selected so that the fat-water chemical shift corresponds to the 
closest secondary peak. From Eq. (5.28), the secondary peak is at a frequency: 

/cs — — (opposed null) (5.32) 

The asymmetry of M y with respect to z at the secondary peak (Eq. 5.29) means 
that a slice of lipid uniformly distributed in z gives no net signal because of 
cancellation within the slice. 

Comparing Eqs. (5.31) and (5.32), the gradient oscillation period T can 
be doubled in the opposed-null design compared with the true-null design. 
Opposed-null SPSP pulses are useful for MR systems that operate with lower 
performance gradients, due to hardware or physiological constraints, or at 
higher field strength where the frequency separation / cs is greater. The main 
drawback of opposed-null SPSP pulses is that they are prone to partial volume 
artifacts. Effective lipid suppression relies on the cancellation of the signal 
across the slice according to Eq. (5.29), and as illustrated in Figure 5.16. 
If lipids are not uniformly distributed across the entire slice thickness, then the 
cancellation can be incomplete. Finally, opposed-null designs also cannot be 
used as SPSP saturation pulses because, unlike the transverse magnetization, 
the longitudinal magnetization is an even function of z for both the main and 
secondary peaks. This is because the squaring of M y in the relationship M z — 

J Mq — M| — M^ means that the sign change described by Eq. (5.29) does 
not affect the longitudinal magnetization. More details about the symmetry 
properties of the magnetization response of SPSP pulses are given in Zur 
(2000). 
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The Spectral Envelope, Spatial Kernel, and Gradient Dwell Factor The 
oscillating gradient determines the k-space trajectory, whereas the choices for 
the spectral RF envelope and spatial RF kernel complete the design of the 
SPSP pulse and determine the shape of the peaks. The product of four factors 
specifies the SPSP RF pulse Bi, spS p(0 as a function of time: 

Al.spspM = C(6) \G z (t)\ /ispec('Mspat(MO) (5-33) 

where Bi, spS p(0 is in teslas (or microteslas). In this subsection, Eq. (5.33) and 
the factors that make up its right-hand side are described in more detail. 

The constant normalization factor that gives the desired flip angle can be 
determined with integration, just as with any other real pulse: 

"" y isPSPpulse A spec(?Mspat« \G z (t)\ dt 

where 6 is the flip angle in radians. In the unusual situation where the SPSP 
pulse is complex (e.g., if the spatial kernel is itself complex), C(0) can be 
determined by numerically solving the Bloch equations. Because A spec and 
i4 spat are in teslas (or microteslas), C{6) is in distance per tesla 2 . 

The second factor in Eq. (5.33) is the absolute value of the slice-selection 
gradient \G z (t)\, typically specified in milliteslas per meter. This factor is 
proportional to the absolute value of the time derivative of k z (t), and it com- 
pensates for the varying rate of the traversal of k-space. | G z (t) | is sometimes 
called the dwell-factor and is explained in more detail in Section 2.4 on variable 
rate pulses. 

Typically the spectral modulation envelope A spec (t) is chosen to be a 
soft RF pulse, such as a SINC, or a linear or minimum-phase SLR pulse. 
Using an SLR pulse allows the designer to trade off stopband ripples against 
the spectral profile. Alternatively, the amplitude of the spatial subpulses can 
be determined by a set of discrete numbers rather than being derived from the 
continuous waveform A spec (f ). For example, an FIR filter such as the binomial 
coefficients can be used, as described in Section 4.1 on composite pulses. 
The spectral selectivity of the RF envelope A spec (t) determines how rapidly 
the response of the main peak of the SPSP pulse (and its replicates) fall off 
versus the frequency. (The exact spectral response can be obtained by solving 
the Bloch equations with numerical methods.) Thus an efficient pulse such as 
a minimum-phase pulse SLR can provide good separation of the frequency 
islands while keeping the overall duration of the SPSP pulse to a minimum. 

Figure 5.17 schematically illustrates the procedure for generating the SPSP 
pulse described by Eq. (5.33). Note how the spatial RF pulse kernel is evaluated 
at k z (t), which is periodic in /, so that the same kernel is repeatedly used 
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Aspec(')/ 




Time (or -kf) 

FIGURE 5.17 Generation of the spatial-spectral pulse. Along with the gradient and 
k-space depicted in Figure 5. 15, a spectral RF envelope A sptx (t) (top) and a spatial RF 
kernel A spa ,(r) (left) are plotted. At any time point, the value of the spatial- spectral 
pulse is generated according to Eq. (5.33). Note that A spat is evaluated at k z (t). More 
design details can be found in Meyer et al. (1990). 



to generate the spatial subpulses, in accordance with Eq. (5.33). The spatial 
kernel is often chosen to be a SINC or linear-phase SLR pulse. The spatial slice 
thickness can be calculated from the dimensionless time-bandwidth product 
of the spatial subpulse and the total extent in the spatial k-space: 



AZ: 



1 spatial A/spatial 
* Z max 



(5.35) 



The SPSP pulse designer has two additional decisions concerning the spatial 
subpulses. First, should they be played during both the positive and the negat- 
ive polarity gradient lobes? Playing the spatial subpulses during both ensures 
that the SPSP k-space will be densely packed, but requires excellent gradi- 
ent fidelity. Playing the spatial subpulses only on the positive lobes sidesteps 
many of the gradient fidelity requirements, but doubles the data spacing in 
the RF k-space. In other words, the distance between the kf samples doubles 
in the SPSP k-space, thereby halving the spectral field of view. This has the 
undesirable effect of cutting the frequency spacing in Eqs. (5.27) and (5.28) 
in half. To compensate for this problem, the period T can be halved, but then 
ri slice thickness is further increased. 
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Second, should the spatial subpulses be played during the gradient ramps? 
The advantage of playing RF during the gradient ramps is that the maximal 
gradient area is used, so the maximal extent in /c z -space is reached. Consistent 
with the RF k-space interpretation, this decreases the minimum slice thickness 
of the SPSP pulse. 

Example 5.8 An SPSP pulse uses an oscillating gradient with a trapezoidal 
shape and a period of T = 2.38 ms. The gradient waveform has a maximal 
gradient amplitude h = 20mT/m, and the duration of the ramp from to h 
is r = 100 pis. The spatial RF subpulse has a dimensionless time-bandwidth 
product of r spa tiai A/ S patiai = 4.0. What is the slice thickness if the RF is played 
(a) only on the gradient plateau and (b) on both the plateau and the ramps? 

Answer From Figure 5.15, each trapezoidal lobe has duration T/2 = 
1.19 ms. Therefore, the duration of each gradient plateau is 1.19 - 2r = 
0.99 ms. 

(a) From Eqs. (5.25) and (5.35), if RF is only played during the gradient 
plateau the slice thickness is: 



(x/2jr)(0.99ms)(20mT/m) 



(b) If RF is played during both the gradient ramps and the plateau, then max- 
imal extent in k-space (i.e., the gradient area) is increased, so the slice 
thickness is correspondingly decreased: 



(y/27r)(0.99ms + 0.1 ms)(20mT/m) 



Finally, we note the SPSP pulse given in Eq. (5.33) yields a slice centered 
at the gradient isocenter, z = 0. To offset the slice by a distance 8z away from 
isocenter, according to the Fourier shift theorem, the pulse is modulated by: 

fli,spsp('> W = e i2nkz( ' )Sz Bi, spsp (t, 8z = 0) (5.36) 

where k z it) is given by Eq. (5.25). 

Note that the offset frequency in Eq. (5.36) 

— (2irk z (t)Sz) = yG z (t)8z (5.37) 

at 

is directly proportional to the gradient amplitude, so it also varies with time. 
The exponential factor in Eq. (5.36) can be implemented either by phase or 
frequency modulation, depending on which methods are available or more 
convenient on a particular scanner. 
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5.4.2 Practical Considerations 

A drawback of SPSP pulses is that the individual RF subpulses are not very 
spatially selective due to their short duration and consequently have small time- 
bandwidth products. Therefore the spatial profiles tend to have either broad 
transition regions, large minimum-slice thickness (e.g., 5-10 mm), or both. To 
partially address these deficiencies, SPSP pulses are typically played with a 
high RF duty cycle; that is, RF is played during as much of the pulse as pos- 
sible. As mentioned earlier, spatial RF subpulses are typically played under 
both positive and negative gradient lobes. This, however, increases the sens- 
itivity to system imperfections such as the Bo and gradient eddy currents that 
perturb the Bo and gradient fields. If gradient eddy currents are not accurately 
compensated, the actual k-space trajectory will deviate from theory and the 
SPSP pulse will not give the predicted performance. 

To further increase the RF duty cycle, RF is usually played under the entire 
gradient lobe, including ramps, as implied in Eq. (5.33). Playing RF while the 
gradients are slewing not only requires excellent eddy-current compensation, 
but also requires that the RF and gradient waveforms be exactly synchronized. 
Playing RF during gradient ramps makes the offset SPSP pulses (Eq. 5.36) 
sensitive to extremely small (on the order of a few microseconds) mismatches 
between the group delays of the RF and gradient subsystems. 

Any mismatch between the assumed waveform and the actual waveform 
(caused, for example, by eddy currents and gradient group delays) results in 
a lower water signal and higher lipid signal. As with eddy currents, the per- 
formance degradation from mismatches in group delay is most noticeable on 
offset slices, because the intended gradient waveform is used to calculate 
the time-dependent carrier frequency shift that offsets the slices (Eqs. 5.36 
and 5.37). Calibration and correction methods have been developed (Block 
et al. 1997; Zur 2000) that increase the robustness of playing RF on both 
the positive and negative lobes. More details on this topic can be found in 
Section 10.3. 

Another issue with playing RF during both positive and negative gradient 
lobes is that the first moment of the gradient cannot be nulled for both polarities. 
Moving spins therefore accumulate phase between the RF subpulses. The phase 
oscillates between positive and negative polarity lobes. In analogy with EPI, 
the result can be ghosting in the spectral direction that transfers energy from 
the central peak in Figure 5.16. Moving spins therefore have lower water 
signals than stationary spins. Playing the spatial subpulses during only one 
gradient polarity eliminates the problem at the cost of the drawbacks previously 
mentioned (Fredrickson et al. 1997). 

Much of the recent work (Block et al. 1997; Schick 1998; Zur 2000) on 
SPSP pulses has dealt with adding phase cycles to suppress various peaks in 
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the magnetization response. One method (Zur 2000) introduces a 0, 180°, 0, 
180°, .. . phase modulation onto the spatial subpulses. The alternating sign of 
the spatial RF subpulses suppresses the central main lobe of the magnetization 
response and the nearest asymmetric secondary peaks. With this method, the 
carrier frequency is adjusted so that fat is placed on-resonance and the water 
frequency corresponds to the next main peak. 

Unlike the spectrally selective presaturation methods discussed in 
Section 4.3, a small resonance offset in either direction can cause a relat- 
ively large decrease in the water signal when SPSP pulses are employed. 
This is because of the relatively small width of the main spectral peak 
in Figure 5.16. The problem can be addressed by improving the spec- 
tral selectivity by increasing the time-bandwidth product of the spectral 
envelope or by allowing it to have higher stopband ripples in SLR pulse 
design. Increasing the time-bandwidth product usually requires more RF 
subpulses (and therefore a longer pulse). With suitable design trade-offs, 
SPSP pulses can sometimes offer improved tolerance to B inhomogeneity 
compared to conventional fat-saturation pulses. The improvement, how- 
ever, is not nearly as dramatic as for B\ inhomogeneity. So, as with fat- 
saturation, good shimming is also required with SPSP pulses for effective lipid 
suppression. 

As the main magnetic field decreases, using SPSP pulses for spectrally 
selective excitation becomes increasingly difficult. This is primarily because 
the reduced frequency separation results in an excessively long pulse width 
(Eqs. 5.31 and 5.32) and, accordingly, long TE values. For gradient systems 
with a slow slew rate (e.g., <20 T/m/s), SPSP pulses may not be practical due 
to the extended pulse width required by the gradient waveform. 

Finally, we mention that the SPSP excitation pulses can have two different 
isodelays. The minor isodelay is approximately equal to one-half the width of 
each spatial subpulse and is used to determine the slice-selection rephasing 
area. The major isodelay is approximately equal to the isodelay of the spectral 
envelope and is used to determine TE. 



Selected References 

Block, W., Pauly, J., Kerr, A., and Nishimura. D. 1997. Consistent fat suppression with 

compensated spectral-spatial pulses. Magn. Reson. Med. 38: 198-206. 
Fredrickson, J. O.. Meyer, C, and Pelc, N. J. 1997. Flow effects in spectral spatial excitation. In 

Proceedings of the 5th meeting of the ISMRM. Vancouver, 1997, p. 113. 
Meyer, C. H., Pauly, J. M., Makovski, A., and Nishimura, D. G. 1990. Simultaneous spatial and 

spectral selective excitation. Magn. Res. Med. 15: 287-304. 
Schick, F. 1998. Simultaneous highly selective MR water and fat imaging using a simple new 

type of spectral-spatial excitation. Magn. Reson. Med. 40: 1 94-202. 



164 CHAPTER 5 Spatial Radiofrequency Pulses 

Zur, Y. 2000. Design of improved spectral-spatial pulses for routine clinical use. Magn. Reson. 
Med. 43: 410-420. 



Related Sections 

Section 2.3 SLR Pulses 
Section 2.4 Variable-Rate Pulses 
Section 3.1 Excitation Pulses 
Section 4.1 Composite Pulses 
Section 4.3 Spectrally Selective Pulses 
Section 5.1 Multidimensional Pulses 
Section 10.3 Eddy Current Compensatioi 
Section 16.1 Echo Planar Imaging 



5.5 Tagging Pulses 

RF tagging pulses are used to spatially label an image with a specified 
physical or physiological property. Most commonly, a tagging pulse places 
a series of parallel stripes or orthogonal grids on an image. These stripes or 
grids are known as tags. The deformation of the tags can be used to evaluate 
the properties of an imaged object, such as myocardial motion, fluid flow, and 
susceptibility variation. Tags on an image can also be used to evaluate the 
imaging system, such as measuring magnetic field inhomogeneity, gradient 
nonlinearity, B\ -field nonuniformity, or spatial resolution. In addition to pla- 
cing tags on an image, a tagging pulse can also label the magnetization at a 
location distant from the imaged slice. The labeled magnetization then travels 
to the slice through the bloodstream and causes signal intensity changes. The 
differences in image intensity with and without a tagging pulse can be used to 
measure tissue perfusion parameters, such as cerebral blood flow, as described 
in Section 17.1. 

Tags are typically applied as a magnetization preparation pulse prior to the 
actual imaging pulse sequence. Virtually any imaging pulse sequence can be 
combined with a tagging pulse or a train of tagging pulses. A gradient (known as 
a tagging gradient) is generally required to produce the desired spatial pattern. 
Depending on the tagging technique, the tagging gradient can be played out 
either concurrently or alternatively with the RF tagging pulses. After tagging, 
a time delay is often inserted prior to the start of the imaging pulse sequence. 
This delay time allows evolution of the spin system to sensitize the tags with 
motion, flow, relaxation, or other physiological and physical parameters. 

Tagging pulses can take many forms. In this section, we focus on those 
tagging pulses that place stripes or grids on an image and discuss two 
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tagging techniques: spatial modulation of magnetization (SPAMM) (Axel and 
Dougherty 1989a, 1989b) and delay alternating with nutation for tailored 
excitation (DANTE) (Morris and Freeman 1978; Mosher and Smith 1990). 
Composite pulses with a concurrent gradient can also be used to produce spa- 
tial tags. This can be readily inferred from Section 4.1, and thus it is not 
discussed in this section. Tagging pulses employed in phase contrast imaging 
and perfusion measurement are detailed in Sections 9.2 and 17. 1, respectively. 

5.5.1 SPAMM 

Qualitative Description SPAMM, in its simplest form, consists of 
two nonselective RF pulses (e.g., rectangular pulses) with a gradient lobe 
sandwiched in-between (Figure 5.18). An optional spoiler gradient pulse 
(shown as dotted lines in Figure 5.18) is usually applied after the second 
RF pulse. Without loss of generality, let us assume that the two RF pulses in 
Figure 5.18 are both applied along the x axis in the rotating reference frame 
and have the same flip angle of 90°. The first RF pulse tips the magnetization 
to the transverse plane (Figure 5.19a). The tagging gradient then produces a 
phase dispersion in the excited transverse magnetization (Figure 5.19b); that 
is, the magnetization vector fans out to a degree that depends on its spatial loc- 
ation. The second RF pulse rotates the transverse plane by 90° about the x axis, 
moving the magnetization from the xy plane to the x z plane (Figure 5 . 1 9c). The 
magnetization vectors along the ±x axis are unaffected, whereas the transverse 
magnetization vectors along the +v and -y axes are rotated to the — z and +z 
axes, respectively. The transverse component of magnetization will continue 
to dephase through T2 relaxation and eventually disappear. The dephasing pro- 
cess can be greatly accelerated by applying the optional spoiler gradient shown 
in Figure 5.18. At the end of the SPAMM sequence, the transverse magneti- 
zation is essentially destroyed and the longitudinal magnetization along the 
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FIGURE 5.18A SPAMM sequence with two RF pulses. The flip angles of the RF 
pulses are 9\ and 62. A tagging gradient G^g is placed between the RF pulses, and an 
optional spoiler gradient (dotted lines) G spo iier can be applied after the second RF pulse. 
Note that G tag and G spo iier are not necessarily played out on the same gradient axis. 
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FIGURE 5.19 Evolution of the magnetization throughout the SPAMM sequence in 
Figure 5.18. The RF pulses are applied along the x axis with 90° flip angles, (a) The 
equilibrium magnetization Mq is tipped to the transverse plane by the first RF pulse, 
(b) The tagging gradient produces a spatially dependent phase dispersion. Each arrow 
corresponds to a different spatial location, (c) The second RF pulse rotates the magnet- 
ization vectors from the xy plane to the xz plane, (d) After the transverse magnetization 
is dephased by a spoiler gradient, only the longitudinal magnetization remains. The 
amplitude of the longitudinal magnetization M : (r) is spatially modulated. 



±z axis is spatially modulated by the tagging gradient. The longitudinal mag- 
netization then can be excited by an imaging pulse sequence, resulting in an 
image with periodic intensity modulations (i.e., peaks and troughs as illustrated 
in Figure 5.20). 



Mathematical Description After the first RF pulse in Figure 5.18 is 
applied, the three components of the magnetization in the rotating reference 
frame are given by: 



~M~ 







My 


= M 


sin#i 


M z 




COS#l 



where Mq is the initial equilibrium magnetization, and 0\ is the flip angle of 
the first RF pulse. The tagging gradient, G tag , introduces a spatially dependent 
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FIGURE 5.20 Simulated SPAMM images with tags produced under different condi- 
tions, (a) 6» 2 = 9\ = 90°. (b) 2 = 8] = 45°. (c) 6 2 = 9\ = 30°. (d) 9 2 = 0] = 60°. 
The tagging gradient is applied along the horizontal direction. 



phase into the transverse magnetization: 

T 

<P(r) = yr f G lag dt (5.39) 

o 
where r is the spatial variable along the gradient direction, and T is the duration 
of G tag . After this phase dispersion, the transverse magnetization becomes: 



M x (r) 
M y (r) 



sin#i sin0(r) 

sin#i cos </>(r) 

cos 9] 



(5.40) 



The second RF pulse rotates the magnetization vectors about the x axis 
(Section 1 .2), yielding: 



M x {r) 
M y (r) 
M z (r) 



--M 



cos 02 sin #2 
- sin 02 cos 02 



sin#i sin </>(/-) 

sin#i cos <j>(r) 

cos#i 



(5.41) 



Since the transverse magnetization is dephased by the subsequent spoiler 
gradient, we consider here only the longitudinal component: 

M z (r) = -M [sin6>i sin6> 2 cos</>(r) -costf, cos0 2 ] (5.42) 
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which is spatially modulated by cos<£(r). When an image is subsequently 
formed based on M z (r), periodic intensity variations occur in a direction 
parallel to the tagging gradient, as dictated by the cosine modulation of 
Eq. (5.42). 

Equation (5.39) indicates that the period of the spatial modulation is 
given by: 

171 (5.43) 



'yfo T G la 



dt 



which is inversely proportional to the area of the tagging gradient pulse. For 
a magnitude image reconstruction, however, the spatial period of the tags 
does not always correspond to X. For example, when \9\ | = \9 2 \ = 90° (i.e., 
| M z (r ) | = Mo |cos 4> (r ) I), the spatial period of the tags becomes X/2. The spins 
located at r = nX/2(n = 0, ±1, ±2, . . .) give the bright (i.e., hyperintense) 
image signals, whereas spins at r = (n/2 + 1/4) X are saturated, producing 
dark (i.e., hypointense) tags. According to Eq. (5.42), the location of the tags, 
as well as the modulation pattern, also depends on the flip angle of the RF 
pulses. For example, if 9\ = 9 2 = 45°, M z (r) becomes ^[1 -cos</>(r)]. 
Therefore, the dark tags appear at r = nX (Figure 5.20b); that is, the period 
is doubled from the case of \9\\ = \9 2 \ = 90° (Figure 5.20a). With certain 
combinations of 9\ and 9 2 (e.g., Q\ = 30° and 9 2 = 30°), the tag intensity never 
reaches 0, resulting in gray instead of black tags in the image (Figure 5.20c). 
At other flip angle combinations (e.g., 6\ = 9 2 = 60°), two interleaved sets of 
tags with different periods can occur (Figure 5.20d), as shown in the following 
example. 

Example 5.9 A SPAMM sequence is implemented on a scanner with a max- 
imum gradient amplitude h — 22 mT/m and a slew rate S R = 120 mT/m/ms. 
The flip angles of the two RF pulses in SPAMM are both 45° . If tags are desired 
at every 4 mm, (a) design a tagging gradient lobe that has the shortest pulse 
width. With this tagging gradient, what will happen if both the RF flip angles 
are (b) decreased to 30° and (c) increased to 60°? 

Answer 

(a) At 45° flip angles, the tags will occur at r — nX. Substituting X = 
4 mm into Eq. (5.43), the tagging gradient area 5 can be calculated as: 



-h 



- 2 " lirX) = 2, x 42.57 (kHz/ml) x 0.004 (m) = 5 ' 87mT ' mS/m 
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Using the criteria given in Section 7. 1 , the most time-efficient gradient 
lobe is a trapezoid with amplitude, ramp time, and plateau duration 
given by: 

G tag = h = 22 mT/m 

-r h 22 moi 

rramp= ^ri2o =0 - 183ms 

S 5.87 



(b) When the flip angles are both reduced to 30°, Eq. (5.42) becomes: 

M z (r) = ^[3-cos<t>(r)] (5.44) 

Therefore, the magnetization will be always positive, irrespective of 
spatial location. The cosine modulation produces troughs with nonzero 
intensities (Figure 5.20c). On a uniform phantom, the ratio between 
the maximal and minimal intensities is 2: 1 and the spatial modulation 
frequency is the same as the in the case with 45° flip angles. 

(c) When the flip angles are both increased to 60°, Eq. (5.42) gives the 
following longitudinal magnetization: 

M z (r) = ^ [I -3 cos cj>(r)] (5.45) 

In this case, two sets of dark tags will appear, one at <f>(r) = 
cos -1 (1/3) = 70.5° and the other at —70.5°. The intensity between 
the tags in a magnitude image will oscillate among 0, Mo/2, and Mq 
(Figure 5.20d). 



Design Considerations 

RF pulses. Although the simple two-pulse combination with 45° flip angles 
(Figure 5.18) is commonly used in SPAMM, those tags do not exhibit well- 
defined edges. This problem can be addressed by increasing the number of RF 
pulses to form a composite pulse, as discussed in Section 4. 1 . In fact, the two 
pulses in Figure 5.18 constitute the simplest (11) composite pulse (Axel and 
Dougherty 1989a). Figure 5.21 shows a SPAMM pulse train consisting of a 
(1331) composite pulse with tagging gradient lobes between the RF pulses. To 
produce simple tagging patterns with good tag-to-image contrast, the sum of 
the flip angle of all the composite pulses is typically chosen to be 90°. Thus, 
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FIGURE 5.21 A SPAMM sequence with a (1331) composite RF pulse 
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FIGURE 5.22 (a) A SPAMM pulse sequence that places two sets of orthogonal tags 
on an image. The phases of #3 and 64 can be shifted by 90° relative to the phases of 
6\ and #2 to avoid stimulated echoes (Axel and Dougherty 1989a). G x and G y are 
two orthogonal gradient axes. G tag is the tagging gradient and G spo iier is an optional 
spoiling gradient (dotted lines), (b) A simulated image produced by the sequence in (a). 



the flip angles for the four pulses in Figure 5.21 would be 11.25°, 33.75°, 
33.75°, and 11.25°. 

Tagging gradient. The tagging gradient can be applied in any direction. 
When the tag direction does not coincide with any of the physical (or logical) 
gradient axes, multiple physical (or logical) gradient axes can be simultan- 
eously used to synthesize a vector pointing in the desired direction, as explained 
in Section 7.3 on oblique prescriptions. To minimize the adverse effects caused 
by flow, off-resonance, and relaxation, it is usually preferable to employ the 
most time-efficient gradient lobes. Multiple sets of tags can be placed along 
different directions on an image. For example, two orthogonal sets of tags (i.e., 
grids) can be produced using the sequence in Figure 5.22a. The area and axis 
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of each gradient lobe are independent and are selected to acheive the desired 
grid pattern. 

Spoiler gradient. An optional spoiler gradient accelerates the dephasing of 
the transverse magnetization after the last RF tagging pulse. The spoiler gradi- 
ent area can be determined according to the principles outlined in Section 10.5. 
To minimize the chance of the phase dispersion from being accidentally 
unwound by a subsequent imaging gradient, the spoiler gradient can be applied 
along all three axes, provided gradient limitations such as heating and dB/dt 
are not problematic. Although the spoiler gradient is not mandatory, incom- 
plete dephasing of the transverse magnetization can cause artifacts in the image. 
Thus, the spoiler gradient is highly recommended for SPAMM sequences. 

Delay time. The delay time between SPAMM and the subsequent imaging 
pulse sequence is chosen based on specific applications. For example, in flow 
measurement, the time should be long enough to allow adequate deformation 
of the tags, yet not so long so that it causes aliasing, which occurs when flow 
causes the tags to move more than one spatial period. It is important to keep in 
mind that longitudinal relaxation does occur during this delay time. This can 
reduce the tag-to-image contrast or even change the patterns of the tags. 

5.5.2 DANTE 

Qualitative Description DANTE consists of a series of short hard 
pulses (e.g., 16) separated by a constant interpulse delay time (Figure 5.23). 
The DANTE pulse train can be modulated by an envelope function, such 
as Gaussian, SINC, or RECT (rectangular function). Spins at periodic 
Larmor frequencies are excited, so when a constant gradient is played out 
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FIGURE 5.23 A DANTE sequence. The RF pulse train contains a series of equally 
spaced hard pulses under a shaped envelope (dotted-dashed line). The rectangular 
envelope shown here is one of many possible shapes. The tagging gradient is played 
out concurrently with the RF pulses, and an optional spoiler gradient (dotted line) can 
be applied after the RF pulse train. 
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concurrently with a DANTE pulse train, a series of parallel bands per- 
pendicular to the gradient direction results. The excited signals (i.e., the 
transverse magnetization) can be destroyed (or dephased) with a spoiler 
gradient (Figure 5.23). The longitudinal magnetization has periodic spatial 
variation similar to that produced by the SPAMM sequence. A subsequent 
imaging pulse sequence produces an image that contains a series of dark tags 
at locations where the magnetization is saturated. 

Mathematical Description When the width of the DANTE pulses is very 
short (e.g., a few microseconds), the DANTE pulse train depicted in Figure 5.23 
can be approximated by a series of delta functions multiplied by an envelope 
function A(t): 

Bi(t) = A(t,T) ]T 8(t-nz) (5.46) 

where r is the interpulse delay (i.e., the time between the centers of two 
consecutive pulses in the DANTE pulse train), T is a measure of the width of 
the modulation function, and n is an integer. If B\ (t) is used as an excitation 
pulse in the small flip angle approximation, its frequency response can be 
approximately obtained by a Fourier transform: 

M(/)oc / Bi(t)e- i2nf 'dt = W(f,F)® J^ S(f-NAf) (5.47) 
-oo N =-°° 

where W(f, F) is the Fourier transform of A(t, T), F is a measure of the 
width of W, and A/ is the separation of the delta functions in the frequency 
domain (i.e., Af = 1/r). According to Section 1.1, the convolution <g> on the 
right side of Eq. (5.47) gives a series of replicates of W(f, F) separated by 
Af. In the presence of a concurrent gradient G tag , the frequency separation 
of these replicates is converted to different spatial locations along the gradient 
direction. Let r be the spatial location of the replicates, R be its width, and Ar 
be the gap between two neighboring tags. Then: 

&r = ^L (5 . 48) 

Thus, the spatial locations corresponding to W(r, R) ® £/v=-oo s ( r ~ NAr ^ 
are excited, resulting in a series of stripes at r = NAr(N = 0, ±1, ±2, . . .). 
After saturating these stripes with a spoiler gradient, only periodic longitudinal 
magnetization remains, and the final image will consist of a series of dark bands 
at the locations where the transverse magnetization has been saturated. These 
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bands, which are perpendicular to the tagging gradient direction, constitute 
the tags. 



Design Consideration 

Tag locations. Because A/ = 1/t, the separation of the tagging bands is 
inversely related to the interpulse delay r: 

Ar = ^— (5.49) 

A longer interpulse delay or stronger tagging gradient amplitude leads to an 
increase in tagging density within the image. Because prolonging t exacerbates 
problems associated with motion, off-resonance, and relaxation, varying the 
gradient amplitude is more commonly used to control the density (or the spatial 
frequency) of the tags. Equation (5.49) assumes that all the pulses in a DANTE 
pulse train have the same phase. If the phase of every pulse is sequentially 
modulated with an increment A<p (i.e., adding a phase ramp throughout the 
pulse train), then the tags will be shifted by 8 r = A<p/(yxG ta g). However, 
the gap between the tags does not change (Blondet et al. 1987). If the phase 
of every other pulse is modulated with an increment A<p (i.e., adding a phase 
ramp only to the even pulses while leaving the odd pulses with a constant 
phase), then the gap between the tags will be decreased to: 

AS 
Ar = — -£- (5.50) 

Note that the factor of 2 in the denominator is due to the fact that the spacing 
between even (or odd) echoes becomes 2r. A DANTE pulse train with a 
phase ramp on every other pulse is called double DANTE (Geen et al. 1989). 
Double DANTE provides a convenient way to increase tagging density without 
changing G tag or r . A similar approach has also been adapted in spatial-spectral 
pulse design to alter the frequency response (Zur 2000). 

Example 5.10 A DANTE pulse train with a constant phase is used for spatial 
tagging. Twenty tags are required on a field of view of 24 cm. (a) If an interpulse 
delay of 0.5 ms is used, what is the tagging gradient amplitude? (b) If all the 
pulses in the pulse train are phase modulated with a constant phase increment 
of 90°, how much will the tags be shifted? (c) If a second pulse train with an 
interpulse delay of 0.5 ms is interleaved with the original pulse train, what is 
the gap between the tags when the second pulse train is phase modulated with 
an increment of 90°? 
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(a) The desired gap between the tags is Ar = 24/20 = 1.2 cm. Substi- 
tuting Ar = 1.2 cm and r — 0.5 ms into Eq. (5.49) and solving for 
Gtag, we obtain: 

In Oit 

= 3.92mT/m 



s yrAr 2tt x 42.57 kHz/mTx 0.5 ms x 0.012m 

(b) When the entire pulse train is phase modulated by 90°, the spatial 
shift of the tags is S r = A</>/(yrG tag ) = (n/2)Ar/(2n) = Ar/4 = 
0.3 cm. 

(c) For the interleaved pulse train, the effective interpulse delay is z = 
0.25 ms. Substituting r = 0.25 ms and A</> = n/2 into Eq. (5.50), we 
obtain Ar = 0.3 cm. 

The width of the tags. The width of the tags is directly determined by 
W(f, F), which is in turn related to A(t, T). When an infinitely long DANTE 
train is used, W(f, F) reduces to a delta function, leading to an infinitesi- 
mally thin tag width. In practical implementations, A(t,T) must be truncated, 
which broadens W(f, F). A narrower tag width can be achieved by a broader 
envelope function, which often requires a longer pulse train. The relationship 
between A{t,T) and W(f, F) for several common envelope functions is given 
in Table 5.2. For all functions shown in Table 5.2, the frequency domain width 
F is related to the time domain width T by F ~ l/(2^r). With proper 
selection of the envelope function, DANTE generally gives sharper tag edges 
than SPAMM, especially when using SPAMM with only two RF pulses. 

Tagging in multidimensions. DANTE pulses can be used to produce 
multiple sets of tags in different directions by concatenating two or more 
one-dimensional DANTE pulse trains in an analogous way to multidimen- 
sional SPAMM (Figure 5.22). The tags in each set behave independently, and 

Table 5.2 
Relationship Between A(t, T) and W(f, F) a 



Function 


A(t, T) 


W(f, F) 


Gaussian 


Ce ^/(2Tl) 


C f g -f 2 /(2F 2 ) 


RECT 


CRECT(f) 


C'SINC (£) 


SINC 


CSINC(f) 


C'RECT (£) 


" CandC'ai 


re constants in microteslas. 
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FIGURE 5.24 (a) A DANTE pulse sequence that places two sets of orthogonal tags 
on an image. G x and G y represent two orthogonal gradient axes. G tag is the tagging 
gradient and G spo iier is an optional spoiling gradient. The imaging pulse sequence 
following the DANTE sequence is not explicitly shown. 

the parameters for each set can be selected as if they were one-dimensional 
tags. Figure 5.24 shows a DANTE sequence that produces two sets of 
orthogonal tags. 

Parameter selection. The individual RF pulses in the DANTE tagging 
train are usually kept very short (e.g., 1—100 u.s) in order to avoid edge 
blurring of the tags. The sum of all the flip angles in the pulse train is 
typically chosen as 90° to achieve a good tagging contrast. The interpulse 
delay, in conjunction with tagging gradient amplitude, is selected to yield 
the desired tag density. The choice of RF envelope function (Table 5.2) 
depends on the tolerance level of tag blurring. The tagging gradient amp- 
litude is determined by the tag locations using Eq. (5.49) or (5.50). The 
spoiler gradient and the delay time are selected as outlined in Section 10.5 and 
subsection 5.5.1. 



5.5.3 Applications 

SPAMM and DANTE have very similar applications. Both techniques 
can be used to evaluate myocardial motion, monitor flow, characterize gradient 
nonlinearity, and measure off-resonance effects caused by magnetic sus- 
ceptibility variations, chemical shifts, and Bo-field inhomogeneity. All these 
applications are based on the deformity of the tags as a result of a physiolo- 
gical process (e.g., myocardial motion or fluid flow) or a system imperfection. 
In some applications (e.g., motion), the degree of tag deformity depends on 
the time delay between the tagging pulse train and the imaging pulse sequence. 
Because T\ relaxation causes the tags to fade away over time, the time delay 
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must be carefully chosen to maximize the measurement sensitivity without 
compromising the visibility of the tags. In other applications, such as the char- 
acterization of the gradient nonlinearity, the delay time does not affect the 
degree of tag deformity. Thus, a minimal time delay is preferred to maintain 
the best contrast between the image and the tags. 

Tags produced by SPAMM are more sensitive to the RF flip angles than 
those generated by DANTE. As such, SPAMM can also be used to evaluate 
the B\ -field nonuniformity. On the other hand, the application of DANTE 
is not limited to spin tagging. For example, DANTE pulses are widely used 
in spectral editing (Blondet et al. 1987) and in ultra-fast imaging (Lowe and 
Wysong 1993). 
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6. 1 Adiabatic Excitation Pulses 

In MRI, it is highly desirable to excite the magnetization uniformly over 
the imaged object. The excitation uniformity is primarily governed by the 
spatial homogeneity of the RF magnetic field (i.e., the B\ field). In practice, a 
homogeneous B\ field cannot be always achieved with RF coils. For example, 
when a surface coil is used to transmit a rectangular RF pulse into a uniform 
water phantom, the amplitude of the B\ field can vary by several-fold across 
the imaged object. Even when a more homogeneous birdcage coil is used, the 
B\ field variation is nonnegligible (e.g., ~10% or more), especially when the 
imaged object occupies a large portion of the coil volume. 

Conventionally, the flip angle (i.e., the angle in radians between the initial 
and final magnetization vectors) is given by: 



where T is the pulse width and y is the gyromagnetic ratio. An inhomogen- 
eous B\ field therefore results in spatial variation of the flip angles. Because 
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the amount of transverse magnetization excited is proportional to sin#, the 
regions in which the flip angle is 90° produce a maximal MRI signal, whereas 
the regions with 0° or 180° flip angles generate no signal. This nonuniform 
excitation can lead to various problems, such as image shading, incomplete 
lipid suppression, and reduced signal-to-noise ratio (SNR). A natural question 
to ask is: Can RF pulses be designed to overcome these problems? 

Adiabatic pulses are a special class of RF pulses that can excite, refocus, 
or invert magnetization vectors uniformly, even in the presence of a spa- 
tially nonuniform B\ field. Unlike nonadiabatic RF pulses described in 
Sections 3.1, 3.2, and 3.3, adiabatic pulses do not obey the conventional 
relationship between the flip angle and the B\ field amplitude described by 
Eq. (6.1). Instead, the flip angle of an adiabatic pulse depends on how the 
B\ field varies its amplitude and modulation frequency (or the phase) during 
the pulse. By properly manipulating the modulation functions, spins that exper- 
ience different B\ fields can be excited with the same flip angle, as long as the 
amplitude of the B\ modulation envelope exceeds a threshold. This property 
gives adiabatic pulses their excellent robustness to variation in B\ field. 

Similar to nonadiabatic pulses, adiabatic pulses can be divided into 
excitation, refocusing, and inversion pulses based on their effect on the mag- 
netization. The waveforms of adiabatic excitation, refocusing, and inversion 
pulses generally differ from one another and may not be used interchangeably 
by simply stretching or scaling the pulse. For instance, halving the amplitude 
of an adiabatic 1 80° inversion pulse does not yield a 90° excitation pulse. In 
this section, we focus on adiabatic excitation pulses, the pulses that nutate 
the magnetization from the z axis (or the direction of Bq field) into the trans- 
verse plane (Ugurbil et al. 1987, 1988; Bendall and Pegg 1986; Staewen et al. 
1990; Garwood and Ke 1991). We also discuss several pulses that are capable 
of returning a transverse magnetization to the longitudinal axis, in addition 
to their function of exciting a longitudinal magnetization. These pulses are 
known as B\ -independent rotation (BIR) pulses (Ugurbil et al. 1987; Staewen 
et al. 1990; Garwood and Ke 1991). Because adiabatic excitation pulses are 
very sensitive to off-resonance effects, it has been challenging to design adia- 
batic excitation pulses for slice selection in which a large resonance offset is 
introduced by the slice-selection gradient (Johnson et al. 1989). Thus, we limit 
our discussion here to spatially nonselective adiabatic excitation pulses. 



6.1.1 Principles of Adiabatic Excitation 

Effective Magnetic Field The concept of effective magnetic field intro- 
duced in Section 1.2 is very helpful for understanding adiabatic pulses. Let us 
consider a transverse RF magnetic field with a time-dependent amplitude A(t) 
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and a carrier frequency <w r f (t): 

B^t) = A(t)e- ico ' t(t) ' (6.2) 

In a time-dependent rotating reference frame whose angular frequency equals 
&> r f(0, the effective magnetic field can be decomposed into two orthogonal 
components. The component in the transverse plane is: 

B x (t) = A(t) (6.3) 

where, without loss of generality, we have assumed that the B\ field is initially 
applied along the x axis. In general, the B\ field can point in any direction in 
the transverse plane, depending on its initial phase. In the rotating reference 
frame, the component of the effective magnetic field along the z axis is: 

B z {t) = -[co- wit)] = B - ^^ (6.4) 

Y Y 

where co is the Larmor frequency (i.e., co = yBo). Therefore, the effective 
magnetic field becomes: 

fleff(0 = B x (t) + B z (0 = xBAD + zB z (t) (6.5) 

where x and z are the unit vectors along the x and z axes, respectively. The 
amplitude and the direction of the effective field are given by: 



\kn\ = j Blit) + B}{t) (6.6) 

(6.7) 



(BAt)\ 

n 

\B z (t)J 



respectively. Although the B\ field is physically applied in the transverse plane, 
the direction of the effective field is not necessarily constrained to the transverse 
plane. In general, B e ff is tilted toward the z axis, except exactly at resonance 
(i.e., when co T f = cS) where the direction of B e ff coincides with that of the B\ 
field. 

As stated in Section 1 .2, the magnetization vector precesses about B e ff in 
the rotating reference frame, just as the spins precess about the Bo field in the 
absence of the B\ field (Figure 6.1). This greatly simplifies the description of 
the interaction between the RF pulse of Eq. (6.2) and the magnetization. 

Adiabatic Passage Principle and Adiabatic Condition Adiabatic pulses 
operate under the adiabatic passage principle, which states that the magnet- 
ization vector of a spin system follows the direction of the effective magnetic 
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FIGURE 6.1 The relationship between the applied B\ field with amplitude Ait) and 
frequency &> r f(f) modulations, the effective magnetic field B e ff, and the magnetiza- 
tion M in the rotating reference frame. The magnetization vector precesses about the 
effective field and traces a cone, as indicated by the dotted path. 

field (Figure 6.1), provided that the direction of the effective magnetic field 
does not change much during one period of precession of the magnetization 
about the effective field. Mathematically, this condition, also known as the 
adiabatic condition, is described by: 

\dxlr\ I- i 

hr <<H B ° ff (6 - 8) 

\ at \ I I 

where tfr (in radians) is given by Eq. (6.7). In practice, it is often useful to 
define an adiabatic factor r\: 



where xjr = dijr/dt. To satisfy the adiabatic condition, r\ should be sufficiently 
larger than unity. When the adiabatic condition is satisfied, a magnetization 
that is initially collinear with £ e ff will remain collinear with B e ff, and a mag- 
netization that is initially perpendicular to # e ff will precess about B e ff in a 
plane normal to B e ff during the course of the pulse. The second statement is 
particularly useful in analyzing adiabatic refocusing pulses (Section 6.3) and 
BIR pulses (subsection 6.1.4). 

Adiabatic Excitation With the adiabatic passage principle in mind, let 
us consider the RF pulse given by Eq. (6.2), whose amplitude and carrier 
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frequency are modulated by a sine and a cosine function, respectively: 

A(t) = B x<0 sin$t (6.10) 

(0rf(t)=CO-YB z , O COS$t (6.11) 

where £ is the modulation frequency, and B x q and B z o are time-independent 
magnetic fields. Using Eqs. (6.3), (6.4), (6.6), and (6.7), it can be shown that 
the amplitude and direction of the effective field are: 

|*eff| = y/(B x , Q sin §/) 2 + (fi z ,o cos §f) 2 (6.12) 

(6.13) 



(Bx.o 

n — — 
\B z ,oi 



COS^f / ' 

respectively. At the beginning of the pulse, ifr is close to and the effective field 
is aligned with the equilibrium magnetization along the z axis (Figure 6.2a). If 
the adiabatic condition is satisfied by choosing a sufficiently low modulation 
frequency §, a strong effective field, or both, the adiabatic passage principle 
dictates that the magnetization vector will track the direction of the effective 
field S e ff during the course of the RF pulse (Figure 6.2b). When t = tt/(2§), 
B e ff is rotated from the z axis to the x axis (Figure 6.2c) and so is the magnetiz- 
ation. If, at this point, the RF pulse is terminated, we have essentially achieved 
a 90° adiabatic excitation. For an adiabatic excitation pulse the flip angle (6) at 
any moment during the pulse can be approximated by the instantaneous value 
of^. 

Consider two locations that experience different B\ field strengths as a 
result of a nonideal transmitting RF coil. One location receives B\ <a , and the 
other receives B\^. At the end of the RF pulse (i.e., t = n / (2%) or f = 90°), the 
effective fields at both locations will be aligned along the x axis. Consequently, 
the magnetization vectors for the spins at these two locations are also parallel 
to the x axis, corresponding to a 90° excitation. This illustrates why adiabatic 
pulses can achieve uniform excitation even in the presence of B\ field variation 
across the imaged object. Of course, both B\ a and B\^ must be sufficiently 
strong to satisfy the adiabatic condition (Eq. 6.8). 

Comparison between Adiabatic and Nonadiabatic Excitations Adiabatic 
excitation pulses differ from the conventional nonadiabatic excitation pulses 
(Section 3. 1 ) in a number of ways. Some important differences are summarized 
here. 

1 . Adiabatic excitation requires both amplitude and frequency (or phase) 
modulation. Nonadiabatic excitation pulses typically do not require 
frequency modulation. 
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FIGURE 6.2 (a-c) The adiabatic excitation process and (d-f ) the nonadiabatic excit- 
ation process. The figures in each row show the magnetization vector M, the effective 
magnetic field B e ff » and the applied RF field B\ throughout the course of an excitation 
pulse, (a) Beginning of an adiabatic pulse; (b) during the adiabatic pulse, showing the 
magnetization precessing in a tight cone about the effective field; and (c) the end of 
the adiabatic pulse, (d) Beginning of a nonadiabatic pulse, (e) during the nonadiabatic 
pulse (assuming the spins are on-resonance), and (f ) the end of the nonadiabatic pulse. 



2. Adiabatic excitation pulses do not obey Eq. (6. 1 ). As such, adiabatic 
pulses can achieve a uniform excitation even when the B\ field is 
inhomogeneous. 

3. At the end of an adiabatic excitation, the magnetization vector 
points in the same direction as the applied B\ field (in the rotating 
frame), whereas in nonadiabatic excitation the final magnetization is 
perpendicular to the B\ field (Figures 6.2d-f ). 

4. To satisfy the adiabatic condition, the adiabatic pulse amplitude (i.e., 
B x ,o) is often considerably larger than that for nonadiabatic pulses. In 
addition, the pulse width can also be much longer, which increases the 
sensitivity to flow, off-resonance, and relaxation effects. 



6.1.2 Modulation Functions 

To achieve an adiabatic excitation, the B\ amplitude modulation function 
should start at 0, gradually increase during the pulse, and reach the maximal 
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value at the end of the pulse. In contrast, the frequency modulation function 
starts at the maximal value and then decreases to (i.e., on-resonance) at the 
end of the pulse. Many functions can satisfy these criteria, including the sine 
and cosine functions shown in Eqs. (6.10) and (6.11) (Ugurbil et al. 1987) 
tan/sec pair, and tanh/sech pair (Ugurbil et al. 1987; Bendall and Pegg 1986). 
The quality of the modulation functions is evaluated based on how well they 
satisfy the adiabatic condition (Eq. 6.8) at a given B\ amplitude and pulse width. 
Because dxjr/dt changes throughout most modulation functions, the degree to 
which the adiabatic condition is satisfied varies during the pulse. To address 
this problem and improve the performance of adiabatic pulses, numerically 
optimized modulations (NOMs) have been developed. The details of NOMs 
can be found in Ugurbil et al. (1988). 

6.1.3 Design and Implementation 

To design an adiabatic excitation pulse, the initial step is to choose a 
pair of modulation functions, for example, a sine/cosine pair. Because not all 
the spins have the same resonance frequency, a tolerance level for the off- 
resonance effect k is usually included in the frequency modulation function 
when analyzing the performance of an adiabatic excitation pulse with Bloch 
equations: 

Aco T f(t) = cD-co T f(t) = yB Zy0 cos%t + k (6.14) 

The parameters that need to be determined include the B\ field amplitude B x q, 
frequency modulation amplitude yB z $, and the modulating frequency £. This 
can be done by first defining two dimensionless parameters, p and q: 

p^ 1 ^ (6.15) 

Y\B z ,o\ ,,,- 

q = — - — (6.16) 

and then solving the Bloch equations (Section 1 .2) as a function of p and q . The 
efficiency of excitation (i.e., the amplitude of the transverse magnetization after 
the excitation as a percentage of the original longitudinal magnetization) can 
be plotted with respect to p and q. For a given efficiency (e.g., 95%) the range 
of p and q values can be determined from the 2D contour plot schematically 
shown in Figure 6.3. Generally, the allowed ranges for p and q depend on one 
another. To determine a value for q, we must consider the practical constraints, 
such as pulse width and S AR. The pulse width is determined by the modulation 
frequency T — n/(2%), whereas the SAR is proportional to B 2 X . The latter is 
particularly important because an adiabatic excitation pulse typically requires 
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FIGURE 6.3 A schematic plot showing the 95% excitation efficiency c 
function of p and q for an adiabatic excitation pulse. The excitation efficiency is defined 
as the amplitude of the transverse magnetization after the excitation as a percentage of 
the original longitudinal magnetization. (Adapted from Ugurbil et al. 1987.) 



much higher RF power than its nonadiabatic counterpart. Once q is determined, 
the range of p gives the range of allowed B\ field variation for the pulse. This 
design process can be integrated with NOMs, as discussed in Ugurbil et al. 
(1988). 

To implement adiabatic pulses on an MRI scanner, the frequency modula- 
tion (Eq. 6.14) is often replaced by phase modulation. This can be readily 
done by converting the frequency modulation to the corresponding phase 
modulation: 



A<p Tf (t)= / A(D T{ (t')dt' 



(6.17) 



where time zero can be conveniently chosen as the beginning of the pulse. An 
example of an adiabatic excitation pulse, with all the modulation functions, is 
given in Figure 6.4. 



6. 1 .4 B\ -Independent Rotation Pulses 

The adiabatic excitation pulses discussed thus far function well when the 
initial magnetization is collinear with the z axis (i.e., parallel or anti-parallel 
to the Bq field). If the initial magnetization, or a component of the initial 
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FIGURE 6.4 Modulation functions for a 90° adiabatic excitation pulse. The mod- 
ulation functions are initially chosen as sine and cosine functions and subsequently 
optimized using the NOM algorithm. 



magnetization, lies in the transverse plane, the transverse magnetization will 
fan out about the effective magnetic field during the adiabatic excitation pulse, 
dephasing the magnetization. If the pulse is played out with a reversed time 
course (i.e., B e ff starts from an axis in the transverse plane and ends along 
the z axis), then only the magnetization component that is initially parallel 
(or anti-parallel) to 5 e ff is returned to the z axis (or negative z axis), leaving 
all other components dephased. Thus, such a time-reversed adiabatic pulse 
cannot effectively restore the transverse magnetization to the longitudinal axis. 
Another limitation of the adiabatic excitation pulses discussed so far is that 
the flip angle is restricted to 90° (or multiples of 90°) in order to achieve 
insensitivity to B\ -field variations. For flip angles other than 90° (or multiples 
of 90°), the direction of 5 e ff will depend on the B\ -field amplitude as shown 
in Eqs. (6.7) and (6.13). Consequently, the flip angle is also B\ dependent. 

BIR pulses are a class of adiabatic pulses that can be used to both excite 
longitudinal magnetization to the transverse plane and to return transverse 
magnetization to the longitudinal axis (Ugurbil et al. 1987; Staewen et al. 1990; 
Garwood and Ke 1991). The BIR pulses are composed of multiple segments 
of the adiabatic excitation pulses described later. A phase discontinuity can 
be introduced at the juncture of the segments and adjusted to produce flip 
angles other than 90° without compromising the B\ -field insensitivity. Three 
examples of BIR pulses are given next. The BIR pulses operate very similarly 
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to the 180° plane rotation pulses discussed in Section 6.3; the interested reader 
can analyze these pulses using the diagrams found there or consult Ugurbil 
etal. (1987). 

BIR-1 Pulse The BIR-1 pulse (Ugurbil et al. 1987) has two segments 
that can be described by: 



Amplitude modulation: 



^ ifl.cosf, (0</<r/2) 

\yB ]C os^t (T/2<t<T) 



Frequency modulation: 



\<o-yB z , sm$t (0<t<T/2) 
\co + yB z ,o sin %t (T/2<t<T) 



(6.19) 



where B\ is the peak amplitude of the B\ field, the pulse width is T = n/%, 
and unit vectors x and y denote the axis along which the B\ field is applied. 

As indicated by Eq. (6. 1 8), a 90° phase shift occurs at the mid-point of the 
pulse, resulting in a 90° flip angle. If this phase shift is adjusted, an arbitrary 
flip angle 6 can be obtained (Garwood and Ke 1991). 

BIR-2 Pulse BIR-2 pulse (Ugurbil et al. 1987) has three segments with 
each segment based on a sinusoidal modulation function: 
Amplitude modulation: 

flicos£?| (0<t<T/2) 

£, cos£/| (T/2<t<T) (6.20) 

y\B lC os^t\ (T <t <2T) 

Frequency modulation: 

co rf {t)=oj-y\B z ,Gsm$t\ (0<t<2T) (6.21) 

Compared to the BIR-1 pulse, the pulse width of the BIR-2 pulse is increased 
to 2T (note that the relation of T = n/$ still holds for the BIR-2 pulse). This 
pulse, however, provides better tolerance to off-resonance effects than the 
BIR-1 pulse. 

Equation (6.20) indicates that there is a 90° phase shift at t = T/2, and a 
1 80° phase shift at t — T. These phase shifts are required for a 90° rotation of 
the magnetization. The BIR-2 pulse can be generalized to produce an arbitrary 
flip angle 9 if the phase shift at t = T/2 is adjusted (Garwood and Ke 1991). 
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BIR-4 Pulse The BIR-4 pulse is more frequently used than the other 
BIR pulses. Unlike the BIR-1 and BIR-2 pulses, the modulation functions 
for the BIR-4 pulse are symmetric with respect to the center of the pulse. It 
induces a plane rotation more accurately than other BIR pulses and typically 
requires less RF power. A BIR-4 pulse employing hyperbolic tangent (tanh) 
and tangent (tan) modulation functions (Staewen et al. 1990) is given next and 
schematically shown in Figure 6.5. 
Amplitude modulation: 



|flitanh[A.(l-4r/r)] (Of 



= 774) 



= fii tanh [X(4t/T - 1)] (7/4 < t < 7/2) 
|Bitanh[A.(3-4//r)] (7/2 < f < 37/4) 



,tanh[A(4//7-3)] (37/4 < 



Frequency modulation: 



tan p 
tan[£(4?/7-2)] 



tan[/3(4r/r-2)] 

tan^ 
tan[/3(4//r-4)] 



(0</ 

(7/4; 

(7/2; 



:7/4) 
t < 7/2) 
t < 37/4) 



tan 



(37/4 <t <T) 



where ft and X are dimensionless constants that determine how well the pulse 
satisfies the adiabatic condition. For example, a pulse with X = 10, tan/? = 10 
and 7 = 5 ms can produce acceptable results when a surface coil is employed 
(Staewen et al. 1990). 

The frequency modulation for BIR-4 pulses is often converted to a phase 
modulation to facilitate implementation: 



f[a> - co rf (t')]dt' (0 < / < 7/4) 
o 

f[a> - co ri (t')W + A0, (7/4 < / < 37/4) (6.24) 

f[a> - co ri {t')W + A(j> 2 (37/4 < t < 7) 



where A(j>\ and Afc are the phase offsets at t = 7/4 and t — 37/4, respec- 
tively (Figure 6.5c). Although not required, A<p\ is typically set to — A</>2 
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(a) 
A(t) 






FIGURE 6.5 Schematic plots showing the (a) amplitude, (b) frequency, and (c) phase 
modulation functions for the BIR-4 pulse. The phase offsets A0i and A<f>2 (denoted 
by the dotted lines) control the flip angle of the pulse. 



in order to maintain pulse symmetry. The value of the phase offsets is quite 
important because it directly determines the flip angle of the BIR-4 pulse. To 
achieve a flip angle of 9, the phase offsets should be chosen as: 



A0 2 = 



(6.25) 



Alternative analytical expressions for BIR-4 pulses have also been reported 
(Garwood and Ke 1991). The shapes of the amplitude, frequency, and phase 
modulation functions are generally similar to those depicted in Figure 6.5. 
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6.1.5 Applications 



Adiabatic excitation pulses are often used when a surface coil is employed 
to transmit RF power to excite a desired volume. Although volume coils are 
more commonly used for RF excitation on modern clinical scanners, surface 
coil excitation is still occasionally employed for research applications. Even 
with volume coil transmitters (e.g., a birdcage coil), adiabatic excitation can 
reduce the sensitivity to B\ field homogeneity in applications such as signal 
saturation. A drawback of adiabatic excitation is the substantially increased 
SAR as compared to nonadiabatic excitation. In addition, robust adiabatic 
excitation pulses for spatial selection are difficult to design due to the large 
off-resonance effect introduced by imaging gradients (Johnson et al. 1989).- 
Thus, adiabatic excitation pulses are often limited to 3D volume imaging. 
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6.2 Adiabatic Inversion Pulses 

Adiabatic inversion pulses (Silver et al. 1984; Hardy et al. 1986; Rosenfeld 
and Zur 1996; Ordidge et al. 1996) are a special class of RF pulses that nutate 
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the equilibrium magnetization vector from the +z axis to the — z axis (i.e., 
from along the Bq direction to opposite to it). Unlike the conventional inversion 
pulses discussed in Section 3.2, adiabatic inversion pulses can uniformly invert 
the magnetization vector across an imaged object, even when the B\ field is 
spatially nonuniform. 

Adiabatic inversion pulses operate under the adiabatic passage principle. 
This principle, described in more detail in Section 6.1, states that a mag- 
netization vector initially parallel to the effective magnetic field follows the 
direction of the effective magnetic field (see Section 1 .2), provided that the 
effective field does not change its direction much during one rotational period 
of the magnetization about the effective field. In order to satisfy this condition, 
also known as the adiabatic condition, an adiabatic inversion pulse usually 
requires a relatively long pulse width and a rather high B\ amplitude. As long 
as the B\ -field amplitude exceeds a minimum threshold, the resultant magnet- 
ization vector becomes immune to the B\ field variations, leading to a spatially 
uniform inversion of the magnetization. 

Adiabatic inversion is achieved by simultaneously modulating (i.e., vary- 
ing) the amplitude and frequency of an RF pulse so that the orientation of the 
effective magnetic field changes from the +z to the — z axis in accordance 
with the adiabatic principle. As such, adiabatic pulses are sometimes called 
frequency modulated (FM) or chirped pulses. Depending on the choice of 
the modulation functions, adiabatic inversion pulses can take many different 
forms. In the rotating reference frame (Section 1 .2), the frequency modulation 
function of an adiabatic inversion pulse always starts with a large positive value 
(i.e., above resonance), gradually decreases to (i.e., on-resonance), and ends 
at a large negative value (i.e., below resonance). In contrast, the amplitude 
modulation function begins with a value of 0, increases to its maximum, and 
decreases to at the end of the pulse. 

The basic principles of adiabatic pulses are discussed in Section 6. 1 . In this 
section, we focus only on the issues specific to adiabatic inversion pulses. We 
first discuss the principles, then concentrate on the design issues, and finally 
provide an overview on the applications. 



6.2.1 Principles of Adiabatic Inversion 

Like all adiabatic pulses, the flip angle of an adiabatic inversion pulse does 
not obey the conventional relationship (see Section 3.1) between the flip angle 
(6») and the B] field: 



(6.26) 
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where T is the pulse width, and y is the gyromagnetic ratio. Instead, the flip 
angle of an adiabatic pulse depends on how the B\ field varies its amplitude 
and modulation frequency (or phase) during the pulse. By properly manipu- 
lating the modulation functions, spins that experience different B\ fields can 
be uniformly inverted with the same flip angle at the end of the pulse. 

Consider an RF pulse, B\(t) — A(/)e~' a,rf(/)/ , whose amplitude and 
frequency are modulated by a sine and a cosine function, respectively: 

A(t) = B x sin^t (6.27) 

co Tf (t) = co-yB z cos£r (6.28) 

where £ is the modulation frequency, co is the Larmor frequency, B x is the 
time-independent magnetic field amplitude along the x axis (with no loss of 
generality, the transverse component is arbitrarily assigned to the x axis), 
and y B z is the amplitude of the frequency modulation. Note that B z is the 
equivalent magnetic field amplitude along the z axis arising from the off- 
resonance effect in the rotating reference frame. In that frame, which has an 
angular frequency co T f (t), the z component of the effective magnetic field is 
given by (see Eq. 1 .79): 

Y Y 

If the transverse component of the effective field is along the x axis in the 
rotating frame, then: 

fleffx = fl*sin£r (6.30) 

In light of Eqs. (6.29) and (6.30), the amplitude and direction of the effective 
magnetic field, 5 e ff, are given by: 



Ifieffl = 7(^sin^) 2 + (fi z cos^) 2 (6.31) 

( B x sm$t\ 



' z cos%tJ 



(6.32) 



At the beginning of the pulse, i/r is 0. Therefore, the effective field is 
aligned with the equilibrium magnetization M along the z axis (Figure 6.6a). 
If the adiabatic condition (see Section 6.1) is satisfied by choosing a slow 
modulation frequency £, a strong effective field, or both, the adiabatic passage 
principle dictates that the magnetization vector M will track the direction of 
the effective field # e ff during the course of the RF pulse (actually, M precesses 
about B e ff along a very tight cone as shown in Figure 6.6b). When t — 7r/(2£), 
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FIGURE 6.6 The inversion processes in (a-e) an adiabatic pulse and (f ) a nonadiabatic 
pulse, (a) Beginning of the adiabatic inversion pulse; (b) during the first half of the 
adiabatic pulse, showing the magnetization precessing in a tight cone about the effective 
field (the size of the cone is exaggerated for better visualization); (c) at the mid-point 
of the adiabatic pulse; (d) during the second half of the adiabatic pulse; (e) at the end of 
the adiabatic pulse, (f ) The trajectory of the magnetization M of a nonadiabatic pulse. 
Note that for adiabaticjnversion, the magnetization vector M is approximately parallel 
to the effective field fl e ff during the pulse, whereas for nonadiabatic inversion M is 
perpendicular to the applied B\ field. 



both fi e ff and M point along the x axis (Figure 6.6c). As the RF pulse continues, 
fi e ff rotates toward the negative z axis (Figure 6.6d) with f changing from 90° 
to 180°. At the end of the pulse (t = n/%), the effective magnetic field Beff has 
experienced a 180° rotation. Because the magnetization vector tracks # e ns a 
180° adiabatic inversion of the magnetization is achieved (Figure 6.6e). The 
trajectory of the magnetization vector during adiabatic inversion is quite dif- 
ferent from that in nonadiabatic inversion (see Section 3.2), in which case M 
is always perpendicular to the B\ field applied on resonance (Figure 6.6f ). 

To illustrate the immunity of adiabatic inversion pulses to spatial variation 
in the B\ field, let us consider two locations that experience different B\- 
field strengths. One location receives B\ a , and the other receives B\b. At 
the end of the RF pulse (i.e., t = n/% or f = 180°), the effective fields at 
both locations will be aligned along the negative z axis. Consequently, the 
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magnetization vectors for the spins at these two locations are also parallel to 
the negative z axis, corresponding to a 180° inversion. This demonstrates why 
adiabatic pulses can achieve uniform inversion even in the presence of B\ -field 
variation across the imaged object. A condition is that both B\^ a and B\j, must 
be sufficiently strong to satisfy the adiabatic condition. 



6.2.2 Design of Spatially Nonselective Adiabatic 
Inversion Pulse 

Adiabatic inversion pulses can be either spatially selective or nonselective. 
The design procedure for spatially nonselective adiabatic inversion pulses is 
very similar to that discussed in Section 6. 1 for nonselective adiabatic excita- 
tion pulses. The initial step is to choose a pair of modulation functions (e.g., 
a sine-cosine pair) for B\ -field amplitude and frequency. Because not all the 
spins have the same resonance frequency, a tolerance level for the off-resonance 
effect k needs to be considered in the frequency modulation function: 

Aojrf(0 = <w-a>rf(0 = yB z cos%t +k (6.33) 

A simulation based on the Bloch equations with Eq. (6.33) as the off-resonant 
term can reveal the robustness of the adiabatic inversion pulse with respect 
to off-resonance. The other parameters, including the Si -field amplitude B x , 
frequency modulation amplitude yB z , and modulating frequency £, can be 
determined using the method described in Section 6.1 on adiabatic excita- 
tion pulse design, except that the parameters p and q (defined by Eqs. 6.15 
and (6.16), respectively) are chosen based on the inversion efficiency (i.e., 
the amplitude of the inverted magnetization as a percentage of the original 
longitudinal magnetization) instead of the excitation efficiency. To satisfy the 
adiabatic condition with minimal RF power, numerical optimization of the 
modulation functions can also be incorporated, as detailed in Ugurbil et al. 
(1988). 

The design process of an adiabatic inversion pulse often can be simplified 
by first designing a 90° adiabatic excitation pulse and then concatenating this 
pulse with its mirror image. Although this simplified approach does not always 
give the same result as the conventional method, the performance of the pulse 
is acceptable for most applications. 

Spatially nonselective adiabatic inversion pulses sometimes can also be 
designed using the modulation functions of an adiabatic refocusing pulse (Sec- 
tion 6.3). The reverse, however, is generally invalid — the modulation functions 
designed for an adiabatic inversion pulse generally cannot be used for adiabatic 
refocusing without modifications. 
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6.2.3 Design of Spatially Selective Adiabatic 
Inversion Pulse 

One of the most prevalent adiabatic pulses used in MRI is a spatially 
selective adiabatic inversion pulse, also known as a hyperbolic secant pulse or 
Silver- Joseph-Hoult pulse (Silver et al. 1984). We focus on this pulse in this 
subsection. 

The Modulation Functions A general hyperbolic secant pulse is given by: 

£,(?) = [AosechOSf)] 1 ^ (6.34) 

where Ao is the maximum B\ field, f3 is an modulation angular frequency, 
/x is a dimensionless parameter, and the hyperbolic function sech is defined by 
sech x = 2/(e x + e~ x ). Equation (6.34) can be recast to explicitly show the 
amplitude modulation A(t) and the phase modulation 4>(t): 

Bi(t) = A{t)e m,) (6.35) 

Comparing Eq. (6.35) with Eq. (6.34) and using the identity b z = e zlnb , 
we obtain: 

A(0 = A sechG8r) (6.36) 

4(t) = /ji,ln[sech(pt)] + filnAo (6.37) 

The constant term fi In Aq in Eq. (6.37) drops out when the corresponding 
frequency modulation function is calculated by taking the time-derivative: 

A<o(r ) = — = -up tanh(0f) (6.38) 

dt 

where tanh * = (e* — e~ x )/(e x + e~ x ). Thus, according to Eqs. (6.36) 
and (6.38), the hyperbolic secant pulse uses sech/tanh modulation functions. 
As the time variable t sweeps from — oo to +oo, the amplitude modulation 
function goes from zero to the maximum (at t = 0) and then returns to zero. 
Meanwhile, the frequency modulation function decreases from its n 
value (i.e., nfi) to zero, reverses its polarity, and finally reaches its n 
value (or negative maximum) — fifi. These properties satisfy the requirement 
for adiabatic inversion pulses discussed previously. 

To design an adiabatic inversion pulse based on hyperbolic secant modula- 
tions, we need to determine the three parameters Ao, /?, and fi, in a combination 
that meets the adiabatic condition as well as other practical constraints, such 
as the RF pulse bandwidth and RF power. 
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The Adiabatic Condition According to Section 6. 1 , the adiabatic condi- 
tion states: 

\-J- \«y «eff 

\ at \ I I 

Using B x — Aq and B z = — /iB/y and replacing the sin/cos modulation 
functions with sech/tanh in Eqs. (6.31) and (6.32) gives: 



Beff \ = J ( A sech Bt) 2 + I ^ tanh Bt 1 (6.39) 

/ yAosech^r\ / K A ^ 
i/f = arctan = arctan (6.40) 

Combining Eqs. (6.38), (6.39) and (6.40), the adiabatic condition for the hyper- 
bolic secant pulse can be derived (as shown in the appendix at the end of this 
section): 

A »^l (6.41) 

y 

In practice, the performance of the adiabatic inversion pulse is acceptable as 
long as Aq is greater than ^fjIB/y. 



Parameter Selection Similar to other spatially selective pulses, the 
dimensionless product of the pulse width and the RF bandwidth, T A/', is 
a measure of the quality of the slice profile. An acceptable TAf can be 
found by numerically solving the Bloch equations using the B\ field given 
by Eq. (6.34). The maximal pulse width is often fixed by other considerations, 
such as the minimal TR and TI requirements in the sequence, flow effects, and 
off-resonance perturbation. Once the pulse width and TAf are determined, 
the bandwidth can be readily calculated. 

The RF bandwidth of a hyperbolic secant pulse, in conjunction with the 
amplitude of the slice-selection gradient, determines the slice thickness. Using 
Fourier or Bloch equation analysis of Eqs. (6.36) and (6.37), it can be shown 
that the RF bandwidth is related to the hyperbolic secant pulse parameters by 
the following equation: 

Af=— (6.42) 



Combining Eqs. (6.41) and (6.42) yields: 



itAf 
A » — = (6.43) 

yJV- 
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Equation (6.43) suggests that the largest n value should be used to keep the RF 
amplitude and RF power minimal. This implies that fi should take its smallest 
value, because the /z/2 product is constrained by the bandwidth requirement 
(Eq. 6.42). As £ decreases, insufficient decay of the hyperbolic functions will 
result in discontinuity at the margins of the RF envelope due to truncation. 
In that case, the direction of the effective magnetic field will deviate from its 
required direction at the beginning and at the end of the pulse (see Eq. 6.39), 
causing signal loss in the inverted magnetization and poor slice profile. 

In some cases, the conflicting requirements among the adiabatic condition, 
time-bandwidth product, off-resonance sensitivity, and the quality of slice 
profiles cannot be simultaneously satisfied. Alternative design methods can be 
used to help alleviate these problems (Rosenfeld and Zur 1996; Ordidge et al. 
1996). 

Figure 6.7 shows an example of a hyperbolic secant pulse with the follow- 
ing parameters: pulse width = 8 ms, 7*A/= 10, /S = 800rad/s, \x = 4.9, and 
Ao = 14 |xT. This pulse works well for inverting the magnetization within a 
large imaging volume such as the whole human body. 

Example 6.1 Determine whether the pulse in Figure 6.7 satisfies the adiabatic 
condition stated given by Eq. (6.43). 
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FIGURE 6.7 Modulation functions for a 180° hyperbolic secant adiabatic ir 
pulse (pulse width = 8 ms, T&f = 10, fi = 800rad/s, fi = 4.9, and A = 14 uT). 
The amplitude modulation is shown as a solid line, and the frequency modulation is 
shown as a dashed line. Phase modulation can be obtained by integrating the frequency 
modulation function over time. 
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Answer The bandwidth of the pulse is: 

TAf 10 
A/ = — ^ = — - = 1250 Hz 
T 8 ms 

Using the parameters of the pulse given in Figure 6.7, the right side of 
Eq. (6.43) is: 

TzAf tt(1250Hz) 



Y^fJl (2tt)(42.57MHz/T)v / 4T9 " 



which is smaller than Aq by more than twofold. Thus, the adiabatic condition 
is met. 



6.2.4 Applications 

Spatially nonselective adiabatic inversion pulses are often used when a 
surface coil is employed as an RF transmitter to invert magnetization within a 
desired volume. Because the B\ field of a surface coil is highly nonuniform, 
adiabatic inversion pulses can produce considerably better inversion uniform- 
ity than their nonadiabatic counterpart. Sometimes, even with volume-coil 
transmitters (e.g., a transmit/receive birdcage body coil), adiabatic inversion 
pulses can exhibit improvement over nonadiabatic pulses in applications such 
as lipid suppression. The drawback of adiabatic pulses includes the longer 
pulse width, higher RF amplitude, and increased SAR. The issue with SAR 
can be addressed using variable rate design (Section 2.4) as illustrated by 
Conollyetal. (1988). 

Spatially selective adiabatic inversion pulses are frequently employed in 
inversion recovery pulse sequences to null certain spin components with dis- 
tinct T\ values. For example, in a short TI inversion recovery (STIR) pulse 
sequence (Section 14.2), an adiabatic inversion pulse can be used to invert the 
signals from lipids. After a certain inversion time (e.g., ~ 150 ms at 1 .5 T) when 
the longitudinal component of the lipid magnetization crosses zero during the 
recovery process, an imaging sequence is executed so that the acquired signal 
does not contain the contribution from the lipid. Because a large portion of 
the body lipid is located in the subcutaneous region where the B\ field is often 
nonuniform, adiabatic pulses are especially useful to achieve good lipid sup- 
pression in that region. Figure 6.8 gives an example showing the improvement 
of lipid suppression afforded by an adiabatic inversion. Adiabatic inversion 
pulses can also be used in fluid-attenuated inversion recovery (FLAIR) pulse 
sequences (Section 14.2). In this case, spatially selective adiabatic inversion 
pulses are used to attenuate cerebrospinal fluid in the brain to improve the 
contrast between lesions and normal brain tissues. 
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FIGURE 6.8 STIR images obtained with (a) a nonadiabatic inversion pulse and 
(b) an adiabatic inversion pulse. The imaging parameters are otherwise identical 
(TR = 2000 ms, TE = 25 ms, TI = 150 ms). The improved lipid suppression with 
an adiabatic inversion pulse is evident, even with the use of a whole-body birdcage RF 
transmit coil. 



Adiabatic inversion pulses are also heavily used in pulsed arterial spin 
tagging (AST) experiments for tissue perfusion measurement. This application 
is detailed in Section 17.1. 



6.2.5 Appendix 

Taking a time derivative of Eq. (6.40) yields: 

I df_ I _ yAo 2 , I djcschfit) I 

| dt | ~ iip C ° S ^ | dt | ( " ' 

(Note that csch fit = 2/(e^' - e~P')). Let: 

yA = knP (6.45) 

where X is a unitless parameter. Combining Eq. (6.44) with Eqs. (6.36) and 
(6.38), we obtain: 

\df\ I XP sech(fit) I 



I dt | ~ 1 1 + (X 2 - l)sech 2 (y60 | 
Using the relationship yAo = kfifi, Eq. (6.39) becomes: 
M/6 



Beff| = 



-[1 + (X 1 - l)sech 2 (Pt)V' 



The adiabatic condition states that \d\j//dt\-\yB e ff\ '<$Cl. Inserting 
Eqs. (6.46) and (6.47) into the adiabatic condition yields: 

I Xsech(pt) I 



| jtt[l + (A 2 — l)sech 2 (/3/)] 3 / 2 | 
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If we define a new variable: 

r = \k\sech(pt)[l + (X 2 - l)sech 2 (/Sr)]" 3/2 (6.49) 

then the adiabatic condition reduces to T <«C/z. Let us find the maximum T 
with respect to t by setting dF/dt = 0. This yields two conditions: 

1. «=*»«! =0 (6.50) 

dt 

Condition 1 leads to sech(/3f) = 1 and V = IT 1 . Using Eq. (6.48) and 
the relationship yAo = Xufi, we can readily derive the adiabatic condition in 
Eq. (6.41) (i.e., Aq 3> y/jZ/3/y). Condition 2 results in two scenarios: 

2a. k -+ if sech(/3/) = 1 (6.52) 



1 + 2se f 2( ^ if0<sech(^)<l (6.53) 

2sech 2 (^) 

Examining these two conditions reveals that T has a larger value under 
condition 2a. This leads to the same result (i.e., Aq » ^/jZfi/y) as condition 1. 
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6.3 Adiabatic Refocusing Pulses 

Adiabatic refocusing pulses are a special class of RF pulses that rotate the 
transverse (as well as longitudinal) magnetization vector by 1 80° about an axis 
in the transverse plane. Unlike the conventional refocusing pulses discussed in 
Section 3.3, adiabatic refocusing pulses can uniformly rotate the magnetization 
vector across an imaged object, even when the B\ field is spatially nonuniform. 

Similar to adiabatic excitation and inversion pulses (Sections 6.1 and 6.2), 
an adiabatic refocusing pulse operates under the adiabatic passage principle. 
This principle states that the magnetization vector follows the direction of the 
effective magnetic field, provided that the direction of the effective magnetic 
field does not change much during one precession cycle of the magnetization 
about the effective field. This condition, known as the adiabatic condition, is 
described in more detail in Section 6. 1 . 

The adiabatic passage principle has three implications. First, if a magnet- 
ization vector is parallel to the effective field, then it will track the direction 
of the effective field. This property is exploited in designing adiabatic excita- 
tion and inversion pulses. Second, if a magnetization vector and the effective 
field are anti-parallel, then they will remain anti-parallel as the direction of 
the effective field varies. Third, if a magnetization vector is perpendicular 
to the effective field, then it will precess about and remain perpendicular to 
the effective field. Because any magnetization vector can be decomposed into 
components that are parallel (or anti-parallel) and perpendicular to the effect- 
ive field, the behavior of magnetization during an adiabatic operation can be 
fully characterized. 

To induce adiabatic refocusing of the transverse magnetization, the amp- 
litude and frequency of an RF pulse must be modulated (i.e., varied) throughout 
the pulse in accordance with the adiabatic condition. Maintaining the adiabatic 
condition usually requires a relatively long pulse width and high B\ amplitude. 
As long as the B\ amplitude exceeds a threshold, the resultant magnetiza- 
tion vector is independent of B\ -field variations, leading to spatially uniform 
refocusing of the magnetization. Because of this property, adiabatic refocus- 
ing pulses are sometimes referred to as Bi -independent re/ocusing (BIREF) 
pulses (Ugurbil, Garwood, Rath, and Bendall 1988). 

For adiabatic excitation and inversion pulses, the initial direction of the 
magnetization coincides with that of the static magnetic field Bq (or the z 
axis) (Figure 6.9a). The initial condition for an adiabatic refocusing pulse, 
however, is different. The magnetization already has been excited, fully or 
partially, to the transverse plane, and the transverse magnetization has dis- 
persed (or dephased) into a set of isochromat vectors spanning a range of 
directions (Figure 6.9b). A challenge in designing adiabatic refocusing pulses 
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FIGURE 6.9 The initial conditions (f = 0) for (a) adiabatic excitation and inversion 
pulses and (b) adiabatic refocusing pulses. For bothadiabatic excitation and adiabatic 
inversion pulses, the initial magnetization vector M z is along the positive z axis. In 
adiabatic refocusing pulses, the initial transverse magnetization M± consists of a set of 
isochromat vectors. In addition, a residual longitudinal magnetization M z can remain 
along the z axis due to incomplete excitation. 



is to induce a 180° rotation for all the transverse isochromat vectors so that they 
can be refocused at a later time. Such a rotation is known as plane rotation 
(Ugurbil, Garwood, Rath, and Bendall 1988). Although an adiabatic inver- 
sion pulse can also rotate the transverse plane, the transverse magnetization in 
the plane dephases during the pulse. Thus, adiabatic inversion pulses cannot 
be used for refocusing. Concurrent to plane rotation in adiabatic refocusing, 
the longitudinal magnetization vector along the z axis is inverted. Therefore, 
adiabatic refocusing pulses can be used for inversion. These relationships will 
become more apparent in the following discussion. 

Although adiabatic refocusing pulses are amplitude modulated, their 
spatial or spectral selectivity is quite different from amplitude-modulated non- 
adiabatic refocusing pulses. Because off-resonance effects due to imaging 
gradients can greatly degrade the performance of adiabatic refocusing pulses 
(discussed in the next subsection), it has been challenging to design adiabatic 
refocusing pulses for slice selection. Spatially nonselective adiabatic refocus- 
ing pulses, however, can be employed for 3D imaging where slice selection is 
not necessary. 



6.3.1 Principles of Adiabatic Refocusing 

An Example of an Adiabatic Refocusing Pulse We can illustrate the prin- 
ciples of adiabatic refocusing by analyzing a specific pulse. Let us consider 
an RF pulse expressed in complex form, B\{t) = A{t)e~ ia, ' i{t)t , whose amp- 
litude and frequency are modulated by a sine and a cosine function, respectively 
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(Ugurbil, Garwood, Rath, and Bendall 1988): 



B x sin£/ 
-B x sm$t 



(0 < $t < tt/2) 
(tt/2 <t-t<n) 



(Ori{t)=<0-yB z \COSt;t\ (0 < £/ < Jl) 



(6.54) 
(6.55) 



where § is the modulation frequency that is related to the pulse width T by 
£ = jr/7\ <w is the Larmor frequency of the spin system, B x is the time- 
independent magnetic field amplitude along the x axis (with no loss of 
generality, the transverse component is arbitrarily assigned to the x axis), and 
B z is the equivalent magnetic field amplitude along the z axis arising from the 
off-resonance effect in the rotating reference frame. This RF pulse is graph- 
ically shown in Figure 6.10. In the rotating reference frame with an angular 
frequency of co T f(t), the z component of the effective magnetic field is given 
by (see Eq. 1 .79): 



>s£f| 



(6.56) 




Sf(rad) 

FIGURE 6.10 Modulation functions A(t) and Aco(t) for the adiabatic refocusing 
pulse shown in Eqs. (6.54) and (6.55). The solid lines show the amplitude modulation, 
and the dotted lines represent the frequency modulation. Both modulation functions are 
expressed in the rotating reference frame (i.e, the frequency modulation corresponds 
to « - Off) and normalized between - 1 and 1 with arbitrary units. 
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From Eq. (6.56), the amplitude and direction of the effective magnetic field 
can be expressed as: 

I Beff I = y/(B x sml;t) 2 + (B z cos$t) 2 (6.57) 

B x sin%t \ 



xff — (— 1) arctan I 



K$t\J 



10 (0<^<tt/2) 
I 1 (n/2 < £r < n) 



At the beginning of the pulse, xf/ is zero. Therefore, the effective magnetic 
field is aligned along the z axis (Figure 6.1 la). During the first half of the 
pulse (i.e., < i-t < n/2), B e ff rotates from the z axis to the x axis in the 
x, z plane (Figure 6.1 lb). Immediately after B e ff reaches the positive x axis 
(i.e., £? = n/2) (Figure 6.1 lc), the direction of B e ff is inverted to the negative 
x axis (Figure 6.1 Id). Finally, fi e ff returns to the z axis through a 90° rotation 
in the (—x, z) plane during the second half of the pulse (i.e., n/2 < $t < n) 
(Figure 6.1 le and 6.1 If). 

Consider a spin system whose magnetization has been partially excited 
by an excitation pulse, producing a transverse magnetization component M± 
and a residual longitudinal component M z (Figure 6.9b). After a certain time 




„. B e „(n/2c<t<n/c) 



FIGURE 6.1 1 The trajectory of the effective magnetic field fi e ff during the adiabatic 
refocusing pulse given by Figure 6.10 and Eqs. (6.54) and (6.55). 
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t (i.e., TE/2) the transverse magnetization will be dispersed (or 'fanned out') 
into a set of isochomatic vectors spanning a certain angle as viewed in the 
rotating reference frame (Figure 6.9b). Our task is to demonstrate that the RF 
pulse shown in Figures 6.10 and 6.1 1 rotates all the vectors in the transverse 
plane by 180° so that the transverse magnetization can be refocused (or in 
phase) after another delay time r, irrespective of the local Si-field amplitude. 
In addition, we show that the pulse also adiabatically inverts the longitudinal 
magnetization M z . 



Interaction with the Longitudinal Magnetization At the beginning of the 
RF pulse (i.e., t = 0), fi e ff and M z are both along the z axis (Figure 6. 12a). If we 
choose a sufficiently slow modulation frequency £ and a strong effective field 
to satisfy the adiabatic condition, the adiabatic passage principle dictates that 
the magnetization vector M z will track the direction of the effective field fi e ff 
(within a very small cone) during the first half of the RF pulse (Figure 6. 12b). 



* 0<t<nl2c 

k . 



FIGURE 6.12 The trajectory of the longitudinal magnetization vector M z during 
the adiabatic refocusing pulse described in Figure 6.10. All trajectories are described 
in the rotating reference frame. The magnetization M z is parallel (or nearly parallel) 
to the effective field B e ff during the first half of the pulse (a-c), and anti-parallel (or 
nearly anti-parallel) during the second half of the pulse (d-f ). 
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When f = 7r/(2£), M z follows S e ff onto the x axis (Figure 6.12c). At this 
point, fi e ff instantaneously inverts its direction to the negative x axis, leaving 
M z anti-parallel to B e ff (Figure 6.1 2d). According to the adiabatic passage 
principle discussed in the previous subsection, M z remains anti-parallel to fi e ff 
throughout the second half of the pulse (Figure 6.12e). When Z? e ff realigns 
with the positive z axis, M z points to the negative z axis at the end of the RF 
pulse (Figure 6.12f ). Therefore, the RF pulse in Figure 6.12 has performed an 
adiabatic inversion of the longitudinal magnetization. 

Interaction with the Transverse Magnetization Unlike the longitudinal 
magnetization, which can be represented by a single vector M z , the trans- 
verse magnetization can contain a set of isochromat vectors M±(cp) because 
of different dephasing angles (<p). Let us focus on an arbitrary isochromat 
rhj within the M±((p) group and analyze its trajectory during the RF pulse 
given by Eqs. (6.54) and (6.55). At the beginning of the RF pulse, the mag- 
netization rhj is perpendicular to the effective field B e ff and precesses about 
B e ff in the transverse plane. The initial position of rhj is shown as m_/(0) in 
each part of Figure 6.13 as a reference. If B efi varies its direction while sat- 
isfying the adiabatic condition, the adiabatic passage principle indicates that 
rhj will remain perpendicular to B e ff and precess in a plane normal to B e ff 
(Figure 6.13b). At the end of the first half of the pulse (i.e., when 5 e ff points 
along the x axis), rhj precesses clockwise in the yz plane as viewed from the 
positive x axis (Figure 6.13c). Essentially, the transverse plane in which rhj 
initially precesses is rotated to the yz plane^ If an observer follows the plane 
in which rhj precesses (i.e., the plane and Z? e ff appear static to the observer) 
and views the phase angle /}+ that rhj accumulates during the first half of the 
pulse, the phase angle is (Figure 6.13c): 

*m 

P+ = Y J \B ef{ (t)\dt (6.59) 

o 

(Note that, although the phase angle is given by Eq. 6.59, the flip angle for 
adiabatic pulses does not obey the general relationship d = yf B\{t)dt.) After 
B e ff abruptly changes its direction to the negative x axis, rhj remains perpen- 
dicular to B e ff, but it begins to precess counter-clockwise in the zy plane as 
viewed from the positive x axis (Figure 6.13d). As B eft returns to the positive 
z axis during the second half of the RF pulse, the precession plane of rhj is 
rotated accordingly (Figure 6.13e). At the end of the pulse, the precession 
plane coincides with the transverse plane again, but is flipped upside down 
with respect to the initial precession plane (Figure 6.13f ). To distinguish the 
two sides of the plane in the diagram, one side is white and the other is shaded 
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FIGURE 6. 1 3 The trajectory of a transverse magnetization vector rhj during the adia- 
batic refocusing pulse given by Figure 6. 10. All trajectories are described in the rotating 
reference frame. The magnetization rhj precesses clockwise about the effective field 
S e f f during the first half of the pulse (a-c). /?+ in (c) represents the phase accumulated 
by rhj halfway through the pulse (Eq. 6.59). The dotted circle denotes the precession 
plane of rhj, which is always normal to £ e ff. The initial precession plane in (a) is 
rotated from the xy plane to the yz plane in (c) at the mid-point of the pulse. The 
abrupt change in B e ff direction at the middle of the pulse (c to d) causes rhj to precess 
counter-clockwise, (e) As B e ff returns to the z axis, the precession plane is turned 
upside down about the y axis. To distinguish the two sides of the precession plane, one 
side is shown as white (a-d) and the other as gray (e-f ). (f ) At the end of the pulse, 
the precession plane is completely flipped by 180° and the phase accumulated during 
the second half of the pulse cancels f}+. Effectively, rhj is flipped by 180° about the 
y axis. The initial position of rhj, ihj(0), is shown as a reference in all figures. m ; (0) 
is static with respect to the precession plane (i.e., fi+ = /S_ = for rhj(0)) and is 
rotated by 180° about the y axis when the precession plane is flipped like a pancake. 



in Figure 6. 1 3. If the observer who follows the precession plane calculates the 
phase angle /?_ that rhj accumulates during the second half of the pulse, the 
result will be: 



\B £f{ (t)\dt 



(6.60) 
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where the negative sign accounts for the counter-clockwise precession. Car- 
rying out the integration in Eqs. (6.59) and (6.60) with the aid of Eq. (6.57), 
we can readily prove that the phase angle accumulated during the first half 
of the RF pulse is exactly cancelled by the second half of the pulse (i.e., 
B + = —B-). Because there is no net phase accrual in the process of pancake 
flipping the precession plane, the net effect is that rhj is rotated by 180° about 
the y axis (Figure 6.13). In other words, the final position of rhj after the 
pancake flipping is the same as an isochromat vector that has not precessed 
in the precession plane (Figure 6.13f ). Note that the positions of rhj(0) are 
different in Figures 6.13a and 6.13f due to the pancake flipping. Because the 
magnetization vector rhj is arbitrarily chosen, the effect of the RF pulse on 
rhj can be generalized to any transverse magnetization vectors. Therefore, at 
the end of the RF pulse, all the isochromat vectors in the transverse plane 
are flipped by 180° about the y axis. After a certain time r, the flipped vec- 
tors will refocus and produce an echo signal. Because spins with different 
local B\ -field amplitudes experience the same change in the direction of the 
effective magnetic field, they will experience the same pancake flipping as 
rhj, irrespective of their local B\ -field amplitude. The interested reader can 
perform a more detailed analysis using the approach given in Sections 6.1 
and 6.2. 



Off-Resonance Effects So far, we have only considered the on-resonance 
spins. For off-resonance spins, the actual frequency modulation function 
differs from Eq. (6.55) by an offset k (in radians per second): 



The z component of the effective field (i.e., Eq. 6.56) is accordingly adjusted to: 

Aco co- corf k 

= - = B z |cos£f| + - (6.62) 

y y y 

In the presence of off-resonance effects, it becomes increasingly challenging 
to satisfy the adiabatic condition. For example, if at < 0, the z component of 
the effective field is reduced, assuming B z > 0. When the x component of the 
effective field is also small (e.g., at the beginning of the pulse), the effective field 
amplitude decreases, leading to a possible violation of the adiabatic condition 
(see Eq. 6.8). This phenomenon does not occur when k is positive. Thus, the 
adiabatic pulse discussed in this section has an asymmetric response to the off- 
resonance effect. 
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FIGURE 6.14 The off-resonance effect (*■) on the effective magnetic field B eff . Due 
to the off-resonanceterm, B e ff does not align with the x axis at the middle of the pulse. 
After the B\ field (B x ) is switched from the positive x axis to the negative x axis, 5 e ff 
is not flipped by 180°. 



Off -resonance effects can also reduce the magnetization amplitude in adia- 
batic refocusing, resulting in a decreased echo amplitude. At the mid-point of 
the pulse, off -resonance effects prevent the effective field from being aligned 
along the x axis because of the nonvanishing term ic/y (Figure 6.14). There- 
fore, the transverse magnetization cannot be completely rotated to the yz plane. 
Immediately after the B\ field is inverted, the effective field will deviate from 
the negative* axis, also due toic/y (Figure6.14). In that case, the effective field 
is no longer perpendicular to the spin precession plane, resulting in the dimin- 
ishing intensity of the refocused magnetization and an additional longitudinal 
magnetization at the end of the pulse. Similarly, the longitudinal magnetiza- 
tion is not exactly anti-parallel to fi e ff after the B\ -field polarity switch, leading 
to reduced intensity in the inverted signal, as well as an additional transverse 
magnetization. In MRI pulse sequences, this transverse magnetization can 
carry a different phase than the nominal transverse magnetization, causing 
signal dephasing and artifacts. 



6.3.2 Design Principles of Adiabatic 
Refocusing Pulses 

Adiabatic refocusing pulses can be designed in many different ways, 
depending on how the direction of the effective field is manipulated to achieve 
plane rotation. The pulse shown in Figure 6.10 illustrates one design strategy 
in which the effective field starts at the z axis, rotates to the x axis, inverts 
to the negative x axis, and ends at the z axis. This pulse is named BIREF-1 
(Ugurbil, Garwood, Rath, and Bendall 1988). 
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The BIREF-2a pulse (Ugurbil, Garwood, Rath, and Bendall 1988), 
described by Eqs. (6.63) and (6.64), swaps the amplitude and frequency mod- 
ulation functions of the BIREF-1 pulse. In this pulse, the effective magnetic 
field is initially along the x axis (in the rotating reference frame), rotates to the 
positive z axis between t = and t = n/(2l-), then switches to the negative 
z axis, and finally returns to the x axis. 

A(0 = Bjc|cos£/| (0<£f<7r) (6.63) 

.. \ co - Y B Z sin $t (0<£f<7r/2) 
(Ort(t) — \ (6.64) 

|<a + yB z sin$f (n/2 < i-t < it) 

Using similar analyses given in the previous subsection for the BIREF- 1 pulse, 
it can be shown that the BIREF-2a pulse inverts the x magnetization and flips 
the yz plane by 180° about the y axis. Although the BIREF-2a pulse can 
achieve similar performance to the BIREF-1 pulse for on-resonance spins, its 
performance for off -resonance spins is much worse (Ugurbil, Garwood, Rath, 
and Bendall 1988). This is primarily because the x component of the initial 
transverse magnetization undergoes an inversion, whereas the y component 
experiences a plane rotation. In the presence of off-resonance effects, this 
difference leads to unequal phase angles between B + and — B_ (see Eqs. 6.59 
and 6.60). Consequently, the magnetization cannot be completely refocused. 
To address this problem, an additional pulse can be added immediately after 
the BIREF-2a pulse. Here is an example of such a concatenated pulse, referred 
to as BIREF-2b pulse (Ugurbil, Garwood, Rath, and Bendall 1988): 

JBJcosfrl (0 <*,<*) 

W |-B x COS§? {lt<$t<2iz) 

Ico-yB z sm%t (0<$t<n/2) 
co + yB z sinijt (tt/2 < £ t < 3tt/2) (6.66) 

co - yB z sin %t (3n/2 < $t < 2it) 

The second half of the BIREF-2b pulse (n < %t < 2n) helps to refocus the 
phase dispersion between fi + and -/?_. Obviously, the width of the BIREF-2b 
pulse is twice that of BIREF-1 and BIREF-2a pulses. 

The BIREF-3 pulse consists of two parts. The first part is a regular adiabatic 
inversion pulse (e.g., the hyperbolic pulse described in Section 6.2), and the 
second part is used to refocus the phase dispersion introduced by the inversion 
pulse among the transverse magnetization vectors. As the adiabatic inversion 
pulse inverts the longitudinal magnetization, the transverse plane is also flipped 
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upside down at the end of the pulse. During this process, the phase accumulated 
by a transverse magnetization vector is: 



where T is the pulse width of the adiabatic inversion pulse. Because the effect- 
ive field \B e ff\ is strong and the pulse width T is long (e.g., 10ms), the phase 
p in Eq. (6.67) can be quite large. This phase dispersion among the transverse 
magnetization vectors can cause considerable signal loss. The second part of 
the BIREF-3 pulse essentially rewinds the phase to restore the transverse mag- 
netization vectors to their proper positions so that they can be refocused to 
form an echo at a later time. Here is an example of the modulation functions 
that can be used in the second part of a BIREF-3 pulse (Ugurbil, Garwood, 
Rath, and Bendall 1988): 



A(t) = B x \sin$t\ 


(n <$t < 2tt) 


(6.68) 


>rf{t)=to-YB.\a 


3s£/| (n<$t<2n) 


(6.69) 



Following an adiabatic inversion pulse (i.e., the first part of the BIREF-3 pulse 
when < $t < n), the effective field B e ff ' s changed from the negative to the 
positive,-; axis. (Note that the - component of 5 e f t is defined as (co — ct) r f)/y, as 
shown in Eq. 6.62.) The effective field then moves from the c axis to the x axis 
(n < £t < 3;r/2) and returns to the - axis (37r/2 < iff < 2n). During the 
process, the inverted magnetization remains anti-parallel to fi e ff and is returned 
to the negative z axis at the end of the pulse. Because of the polarity change of 
fi e ff at £r = 7T, the transverse magnetization will accumulate a negative phase 
with respect to the phase in Eq. (6.67). If |B e ffl and (or) the pulse width is 
adjusted during the second half of the BIREF-3 pulse, the newly accumulated 
phase can cancel the phase accumulated during the first half of the BIREF-3 
pulse. 

In the presence of resonance offset k, the performance of the adiabatic 
refocusing pulse can be analyzed by including k in the frequency modulation 
function as shown in Eq. (6.61 ) or (6.62), followed by a simulation using Bloch 
equations to calculate the refocused magnetization as a function of k. When 
\k\ approaches the amplitude of frequency modulation (i.e., yB~), the pulses 
typically can no longer refocus the magnetization. This analysis also is used 
to characterize the frequency selectivity of an adiabatic refocusing pulse. 

In addition to the aforementioned pulses, other forms of adiabatic refo- 
cusing pulses are also possible. For example, a variation of the BIREF-1 pulse 
uses a constant amplitude modulation and a tangent frequency modulation 
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(Ugurbil, Garwood, Rath, and Bendall 1988). This pulse can alleviate certain 
problems with off-resonance effects. 



6.3.3 Practical Considerations 

Spatial Selectivity Adiabatic refocusing pulses can be either spatially 
selective or nonselective. The spatial selectivity is largely determined by the 
off -resonance behavior of the adiabatic pulse in the presence of a slice-selection 
gradient. Of the adiabatic refocusing pulses discussed in the previous subsec- 
tion, BIREF-2b is suitable for slice selection due to its symmetric response to 
spins above and below resonance (i.e., positive and negative k in Eq. 6.62). In 
contrast, BIREF-3 is not appropriate for slice selection because of dephasing 
introduced by the off-resonance effect across the slice. 



Modulation Functions So far, we have employed simple analytical func- 
tions, such as sine and cosine, to illustrate the principles of adiabatic refocusing 
pulses. These modulation functions, however, are not optimal in terms of 
satisfying the adiabatic condition throughout the pulse. Various optimization 
techniques have been developed to numerically or analytically improve the 
modulation functions to best satisfy the adiabatic condition (Ugurbil, Garwood, 
and Rath 1988; Shen and Saunders 1992; Skinner and Robitaille 1992). The 
optimized modulation functions share the same boundary conditions (e.g., the 
effective field must be aligned with a certain axis at the beginning, mid-point, 
and end of a pulse) as their nonoptimized counterpart. They provide, however, a 
broader tolerance for B\ -field variation, decreased sensitivity to off-resonance 
effects, shorter pulse width, or less S AR. An in-depth discussion of the optim- 
ization techniques is beyond the scope of this section. The interested reader 
is referred to Ugurbil, Garwood, and Rath (1988); Shen and Saunders (1992); 
and Skinner and Robitaille (1992) for more details. 



Parameter Selection Once a type of adiabatic refocusing pulse has been 
selected and its modulation functions chosen, three parameters must be determ- 
ined in order to implement the pulse. These parameters are the modulation 
frequency £, the minimum amplitude of the B\ -field modulation B x , and the 
amplitude of the frequency modulation y B z . The modulating frequency § is 
directly related to the total pulse width T. For BIREF-1 and BIREF-2a pulses 
§ = n/T, whereas for BIREF-2b and BIREF-3 pulses § = lit IT. A large § 
value is desirable in order to minimize the off-resonance, flow, and relaxation 
effects during the RF pulse. However, an excessively large § can violate the 
adiabatic condition. Thus, % is typically chosen as the maximum value that 
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satisfies the adiabatic condition. The other two parameters, B x and yB z , can 
be determined using the method described in Section 6. 1 on adiabatic exci- 
tation pulse design, except that the parameters p and q (defined by Eqs. 6.15 
and 6. 16) are selected based on the refocusing efficiency (i.e., the amplitude of 
the refocused magnetization as a percentage of the initial transverse magneti- 
zation) instead of the excitation efficiency. Once a pulse has been designed, 
its frequency selectivity and performance under off-resonant conditions can 
be evaluated using the Bloch equations with the inclusion of the frequency 
offset k. 



6.3.4 Applications 

Although adiabatic refocusing pulses can perform slice selection in con- 
junction with a gradient, they are rarely used for this purpose because of their 
sensitivity to off-resonance and very long pulse widths (e.g., >10ms). Spa- 
tially nonselective adiabatic refocusing pulses can be used for applications in 
which a surface coil is employed as an RF transmitter. Examples include local- 
ized in vivo spectroscopy and imaging application with small coils. Adiabatic 
refocusing pulses are also useful in 3D volume imaging when there is con- 
siderable fii -field nonuniformity in the transmitting RF coil. A drawback of 
adiabatic refocusing pulses is substantially increased SAR compared to their 
nonadiabatic counterparts. Because of this, adiabatic refocusing pulses are 
often limited to small local coils. 
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Introduction 

Linear magnetic field gradients play a central role in MR imaging. Their 
primary function is to encode spatial information into NMR signals so that 
it later can be recovered during the reconstruction process to form an image. 
Magnetic field gradients are also used to sensitize the image contrast to coher- 
ent or incoherent motion. In addition, gradients can be employed to selectively 
choose or edit NMR signals and to minimize image artifacts. 

Broadly interpreted, the term linear magnetic field gradient refers to any 
linear, spatial variation of the magnetic field. In MRI, however, we generally 
interpret the term more narrowly to mean only the spatial variation of the 
z component of the magnetic field, where the z direction corresponds to the 
main magnetic field Bo. We do this because Bq is so large that magnetic field 
components perpendicular to it can usually be neglected. More discussion of 
and exceptions to this simplification are provided in Section 10.1. 

The z component of the magnetic field (B z ) can vary in any of the three 
orthogonal directions. Mathematically, we can express a gradient vector G 
using: 

- 9B Z „ 3B Z , 8B Z „ „ _ _ 

G = —^x + —±y + —±z = G x x + G y y + G z z 
dx dy dz 

where x,y, and z are the unit vectors of the Cartesian coordinate system 
and G x , G y , and G z are the three orthogonal components of G. Note that, 
regardless of the direction of the gradient, it produces a magnetic field in the 
z direction given by B = (Bo + G x x + G y y + G z z) z ■ 

The three gradients G x ,G y , and G z are generated by three separate gradi- 
ent coils. The coils are characterized by specific values of inductance and 
resistance. Each coil is driven by its own gradient amplifier, or driver. To an 
excellent approximation, the circuits of the three gradient drivers are independ- 
ent of one another. When a gradient driver is producing its maximal current, its 
associated coil produces the maximal gradient strength, which we denote by 
h. Because the maximal current can be of either polarity, the available gradient 
amplitude ranges from +h to —h. (Sometimes a small fraction of the gradient 
strength is held in reserve for eddy-current compensation; see Section 10.3.) 
Gradient amplitudes are typically measured in milliteslas per meter (mT/m), 
although sometimes the older unit gauss per centimeter (G/cm) is used. The 
conversion factor is 10 mT/m = 1 G/cm. 

When a gradient driver produces its maximal voltage, the amplitude of 
the associated gradient field undergoes its largest rate of change. This rate of 
change is called the maximum gradient slew rate Sr and is measured in teslas 
per meter per second (T/m/s). Typical values for whole-body gradient systems 
are h ~ 10-50 mT/m, and Sr ~ 10-200 T/m/s. It is interesting to note that 
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the product HSr is proportional to the product of the gradient driver's peak 
voltage and current, or maximal power. That product therefore is a measure of 
the gradient system's performance. 

Most gradient systems increase the gradient amplitude linearly with 
respect to time (i.e., linear slewing, which produces linear ramps), although 
other ramp shapes such as sinusoids have been used as well, particularly with 
resonant gradient systems. With linear ramps, the rise time, or duration of a 
ramp from zero amplitude to +h (or —h), is given by r = Ji/Sr. 

Sometimes the full performance of a gradient system cannot be used, due 
to physiological or hardware constraints. For example, in order to avoid pos- 
sible peripheral nerve stimulation, pain, and other biological effects during 
gradient slewing, a limit on the maximal rate of change of the magnetic field 
(i.e., dB/dt) must be obeyed. This is because, according to Maxwell's equa- 
tions, a time-varying magnetic field generates an electric field. Many regulatory 
agencies, such as the U.S. Food and Drug Administration, impose limits on 
the maximal amount of dB/dt that can be produced by clinical MRI scanners. 
An empirical model known as the Reilly curve (Reilly 1989) is sometimes 
used to predict whether peripheral nerve stimulation will result from a given 
pulse sequence. Note that because peripheral nerve stimulation and other bio- 
logical effects are related to dB/dt (rather than dG/dt), a shorter gradient coil 
generally allows higher slew rates while still satisfying the regulatory limits. 

A second constraint on gradient performance is known as the gradient 
duty cycle. The gradient duty cycle has been defined a variety of ways, but for 
simplicity we consider a square wave whose amplitude continually oscillates 
from +h to —h to have a duty cycle of 100% (i.e., it is maximally active 
all the time). Gradient amplifiers and gradient coils are subject to thermal 
heating, and generally each has its own duty cycle limit. Exceeding the duty 
cycle limit can temporarily shut down (or damage) the gradient amplifier, 
damage the gradient cables or coil, or cause unacceptable patient heating. 
With modern clinical MRI systems, however, gradient duty cycle limits have 
become much less severe (or have been eliminated) because many gradient 
coils and amplifiers are liquid-cooled and because of advances in amplifier 
technology. 

We use the nomenclature gradient lobe to refer to a single gradient pulse 
shape that starts and ends with zero amplitude. Examples of lobes include a 
triangle, trapezoid, and half-sine. We use the nomenclature gradient waveform 
to refer to all (or at least multiple) gradient lobes on a single axis within a pulse 
sequence. For example, we refer to the slice-selection and slice-rephasing 
trapezoids as separate lobes, but we refer to all the lobes on the slice-selection 
axis collectively as the slice-selection gradient waveform. This nomenclature 
should be thought of as a general guideline rather than a rigorous definition. 
A spiral readout gradient, for example, does not fit easily into this classification. 



Gradients 217 

Part III of the book contains four chapters. Chapter 7 describes several 
common strategies in the design of gradient lobes and waveforms. This chapter 
contains sections on simple gradient lobe shapes (Section 7.1) and on how 
multiple lobes can sometimes be combined on the same axis with a technique 
called bridging (Section 7.2). The bridged gradient lobes can perform the 
same gradient function, but in a more time-efficient fashion. The distribution 
of gradient waveforms among multiple axes to acquire oblique imaging planes 
is discussed in Section 7.3. 

Chapter 8 includes the three basic functions that the gradients perform that 
achieve spatial localization: frequency encoding (Section 8.1), phase encod- 
ing (Section 8.2), and slice selection (Section 8.3). Each of these functions 
often requires more than one gradient lobe. For example, frequency encoding 
typically requires a prephasing (also known as a dephasing) lobe and a readout 
lobe. These three gradient functions are fundamental to MR imaging, and the 
results of these three sections are used throughout the book. 

Chapter 9 discusses the gradients used to sensitize the image to motion. 
Diffusion-weighting gradients are discussed in Section 9.1. They are used 
to encode information about microscopic self-diffusion in tissues into the 
magnitude of the MR signal. Flow-encoding gradients (Section 9.2) are con- 
sidered separately because they encode information about macroscopic flow 
and motion into the phase of the MR signal. These two gradient wave- 
forms are used in the later sections on diffusion imaging (Section 17.2) and 
phase-contrast imaging (Section 15.2), respectively. 

Chapter 10 covers a variety of gradient waveforms used to correct or 
prevent image artifacts. The correction gradients that compensate for concom- 
itant magnetic field are described in Section 10.1. The concomitant field is 
unavoidable in MR imaging because it is a consequence of Maxwell's equa- 
tions on electricity and magnetism. Eddy-current compensation (Section 10.3) 
addresses a very common cause of gradient waveform infidelity. Gradient 
moment nulling (Section 10.4), which is sometimes known as flow compens- 
ation, is used to reduce ghosting and signal loss in regions of flow and bulk 
motion. Crusher (Section 10.2), spoiler (Section 10.5), and twister gradients 
(Section 10.6) are also described. All three use gradient lobes to dephase 
unwanted signals. Sometimes the terms crusher, spoiler, and killer are used 
interchangeably in the literature; in this book we distinguish between crush- 
ers and spoilers (or killers). Crusher gradients are used to eliminate the FIDs 
that result from nonideal refocusing pulses or to select certain magnetization 
coherence pathways. Spoiler or killer gradients, on the other hand, are used to 
eliminate residual signal after a readout or after a spatial or chemical saturation 
pulse by making the average transverse magnetization over a voxel nearly zero. 
The correction gradients described in Chapter 10 are frequently employed in 
the pulse sequences discussed in Part V of the book. 
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Gradient Lobe Shapes 



7. 1 Simple Gradient Lobes 

MR pulse sequences contain gradient waveforms such as frequency- 
encoding, phase-encoding, and slice-selection. Each waveform can be further 
decomposed into individual gradient pulses or lobes (Harvey and Mansfield 
1994). This section describes three commonly used simple lobe shapes: 
trapezoidal, triangular, and sinusoidal. 



7.1.1 Trapezoidal and Triangular Lobes 

The area A (in milliseconds-milliteslas per meter) of a gradient lobe 
when plotted versus time is typically determined by the prescribed imaging 
parameters (e.g., field of view, matrix size, and bandwidth). Often only the 
area, not the specific shape of the gradient lobe, is determined by imaging 
constraints. Under these conditions, the shortest duration gradient lobe is nor- 
mally used in order to minimize timing parameters such as TE and TR. For 
the gradient systems that use linear ramps, the simple lobe shapes with the 
shortest duration will be triangular or trapezoidal (Figure 7.1), depending on 
the gradient area. If the area satisfies the condition: 
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FIGURE 7. 1 When the amplitude G(t) is plotted versus time t, two common gradient 
lobe shapes are a triangle (left) and a trapezoid (right). The amplitude of the plateau 
of the trapezoid is h, which is equal to the maximal available gradient amplitude. 
The ramp time of the trapezoid is r, which is equal to h divided by the slew rate. The 
plateau duration r p i a teau can be calculated using Eq. (7.7). The triangle is the most time- 
efficient lobe when the desired gradient area is less than hr, otherwise the trapezoid 
is the preferred shape. Note that the slopes of the ramps of both the trapezoidal and 
triangular lobes are the same and have an absolute value equal to the slew rate Sr . 

then the most time-efficient shape is a triangle, with ramp duration: 

T^.M-M C7.2, 

v n y i> R 

and peak gradient amplitude: 

\\\\h . 

ty/\A\S R (7.3) 

(In principle the duration of the plateau or flat top of a triangular lobe is 0. 
Sometimes a duration of a few microseconds is used to reduce the discontinuity 
of the slope.) 

If, instead, the gradient area exceeds the threshold: 

h 2 
\A\>hr = ~ (7.4) 

Sr 

then the most time-efficient shape is a trapezoid. In that case, the gradient 
amplitude is maximized: 

G = ±h (7.5) 

and the ramp time (for both the ascending and descending ramps) is given by: 
h 

Tramp = f = — (7.6) 

Sr 
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The duration of plateau of the trapezoidal lobe is given by: 

\A\ 

r phteM = T -r 

so the duration of the entire trapezoidal lobe is: 

T = r p i ateau + 2r = 



. I A I 



(7.7) 



Note that the ramps of the triangular and trapezoidal lobes both have the 
maximal slope. From Eqs. (7.2) and (7.3): 



= S R 



(7.9) 






We note that in the case of adjacent lobes of the same polarity, certain 
simple triangle and trapezoidal lobes can be combined, or bridged, together 
to further improve the time efficiency. A further discussion can be found in 
Section 7.2. 



7.1.2 Sinusoidal Lobes 

Occasionally, a sinusoidal gradient lobe shape is used. A half-sine lobe 
that starts at t = to is given by: 



n (^o)) t Q < t < t + T 



where the peak amplitude is Go < h and the duration is T (Figure 7.2). The 
sinusoidal lobe in Eq. (7.10) has an area given by the integral of Eq. (7.10): 




FIGURE 7.2 A sinusoidal gradient lobe. 
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Equation (7.11) states that for a fixed value of the gradient area A, a higher value 
of | Go | provides a shorter lobe duration T, as we would expect. Sometimes, 
however, we cannot simply set the value of Go in Eq. (7.11) equal to ±h because 
of slew-rate constraints. The maximal slew rate of the sinusoidal gradient lobe 
occurs at its beginning and end, and it is given by the derivative of Eq. (7.10): 

I dt Lax T 

or equivalently: 

^<S R (7.13) 

Combining Eqs. (7.11) and (7.13), we can conclude that the gradient 
amplitude for a sinusoidal lobe that satisfies both the gradient amplitude and 
slew-rate constraints is: 



G = 
Substituting Eq. (7.14) into Eq. (7.1 1), we find the lobe duration: 



, (7.14) 

\A\< 2 4- 



Comparing Eqs. (7.8) and Eq. (7.15), and recalling that tt/2 % 1.57, we can 
see why trapezoidal lobes carry more gradient area per unit time than sinusoidal 
lobes when both reach the maximal amplitude h while abiding by the slew-rate 
limit. 
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7.2 Bridged Gradient Lobes 

When a gradient hardware system generates linear ramps, triangles or 
trapezoids (Section 7.1) are typically the most time-efficient lobe shapes to 
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generate a predetermined gradient area. An exception to this rule occurs when 
a gradient lobe with specified amplitude is adjacent to another lobe of the same 
polarity. This situation often arises for refocusing pulse slice-selection gradi- 
ents and crusher gradient pairs (Section 10.2) and for readout gradients and 
end-of-sequence spoilers (Section 10.5). In this case, the most time-efficient 
shape is a compound lobe called a bridged gradient lobe. The important prop- 
erty is that not only the area but also the amplitude of at least one of the gradient 
lobes is determined by other imaging constraints such as slice thickness. 

Figure 7.3 shows two adjacent trapezoidal lobes of the same polarity. Note 
that the descending ramp from the first lobe returns to amplitude before the 
ascending ramp of the second lobe begins. Clearly, the duration of the bridge 
rt, depicted in Figure 7.4 offers a time savings over the duration of the two 
separate ramps, r\ + r-i. The bridged lobe also may produce less acoustic 




FIGURE 7.3 Two adjacent trapezoidal gradient lobes with the same polarity 
(unbridged). The amplitude G\ of the first lobe is fixed by imaging constraints, such as 
slice thickness. The gradient area to the right of point a is normally preserved before 
and after bridging. 
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FIGURE 7.4 The two adjacent trapezoidal gradient lobes from Figure 7.3 are bridged 
to form a trapezoid-like bridged lobe. A bridge replaces the descending ramp of the 
first lobe and the ascending ramp of the second lobe in Figure 7.3. This results in a more 
compact gradient waveform, even if the plateau duration of the second lobe must be 
increased to preserve gradient area. Here the plateau length is increased by Ar p i ateau . 
The bridged gradient waveform can be used for slice-selection gradients and crushers. 
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FIGURE 7.5 Under some circumstances, the area of the bridged lobe is insufficient 
for its amplitude to reach the maximal value h. In that case, a triangle-like bridged lobe 
results. 

noise, reduced eddy currents, and less gradient heating than the two separate 
lobes. 

In analogy to the simple gradient lobes described in Section 7.1, bridged 
lobes can be divided into trapezoid-like (Figure 7.4) and triangle-like cases. 
Figure 7.5 shows the case of a triangle-like bridged lobe. In this case, the area 
to the right of the plateau is insufficient for Gz to reach the maximum gradient 
value h. We see next that there is also a third, intermediate case in which one 
of the unbridged gradient lobes (e.g., the second lobe) is triangular, but the 
bridged waveform becomes two trapezoid-like lobes as shown in Figure 7.4. 

Naturally, bridged lobes are equally useful when occurring to the left or 
to the right (as depicted in Figures 7.4 and 7.5) of the plateau gradient. The 
mathematics presented next applies equally well to both cases. 

7.2.1 Mathematical Description 

Consider two adjacent gradient lobes of the same polarity, as shown in 
Figure 7.3. Without loss of generality assume that: 

G 2 > G { > (7.16) 

If the slew rate is Sr, then the combined duration of the adjacent descending 
and ascending ramps is: 

Gi+G 2 



Sr 



(7.17) 



A single bridge, as shown in Figure 7.4, can replace these two ramps. The 
duration of the bridge is: 

Gj — G\ 



To calculate the amplitude of the bridged lobe and the net time savings gained 
by bridging, it is necessary to consider three separate cases. In all three cases, 
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we assume that (1) the maximum slew rate is always used for the gradient 
ramps and (2) the gradient area to the right of the first plateau in Figure 7.3 
(i.e., from point a to the end of the gradient waveform) is preserved before and 
after bridging. 

Case 1: Rightmost Lobe Is Trapezoidal, Whether or Not It Is Bridged 

If the total area A to the right of the first plateau in Figure 7.3 (from point a to the 
right) is sufficiently high, the rightmost lobe will be trapezoidal whether or not 
bridging is used. We can calculate the threshold for A by adding the area under 
a slew-rate-limited descending ramp from G \ to plus the area of a triangle 
whose base is 2r and whose height is h. (This triangle can be considered a 
trapezoid with zero plateau duration, i.e., the limiting case.) Recalling that 
r = h/Su is the ramp time from to the maximal amplitude h, the threshold 
area for this case is: 



'(■♦3KK) 



For this case, the most efficient bridged lobe has its own plateau (Figure 7.4), 
so it is trapezoid-like. Also in this case, the amplitude of the second plateau is 
equal to the maximum gradient amplitude: 

G 2 = h (7.20) 

If there are no constraints other than the gradient amplitudes, the direct time 
savings by using the bridge (from Eqs. 7.17 and 7.18) is then: 

2Gi 

AT ramp = r, + r 2 - r b = — -i (7.21) 

Sr 

Usually, the gradient lobe to the right of the plateau of the first lobe performs 
a function such as crushing and its area has a specified value. In that case, the 
plateau duration of the bridged lobe should be extended to compensate for the 
reduced gradient area of the bridged ramp. At the slew-rate limit, the total area 
of the two separate ramps is: 

1 " 9 "^ (7.22) 



- Gf) (7.23) 









Ar 


,tot = 


2^ (G 


\ + G\) 




whereas the 


area 


of the bridgi 


s is: 












A b -- 


"(* 


+ G : 
2 


90 


S 2 -G, 

Sr 


')- 


1 

'~2Sr 


■(G\ 



226 CHAPTER 7 Gradient Lobe Shapes 

Therefore, to maintain net area, the duration of the plateau of the second lobe 
should be increased by: 

Arp]ateau = ±(G2 + G2)-^(G2-G2) G? G 2 _ 



G 2 SrGi S R h 

Combining Eqs. (7.21) and (7.24), the net time savings from using the bridge is: 

Ar net = Ar ramp - A7p lateau = |i (2 - ^pj > G 2 = h > d > 

(7.25) 

Case 2: Rightmost Lobe Is Triangular When Unbridged, but Becomes 
Trapezoidal When Bridged 

The upper limit on the area A for this case is the same as the lower limit for 
case 1 (Eq. 7.19). The lower limit can be calculated by adding the area under 
a slew-rate-limited ramp from G \ to h to the area under a descending ramp 
from h to 0. Thus, the second case arises when the area A to the right of the 
first plateau in Figure 7.3 (from point a to the right) is in the range: 



G- 

s R y~2k> 
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Under this condition, the bridged lobe is trapezoid-like so, as in case 1 : 

G 2 = h (7.27) 

When unbridged, however, the rightmost lobe has an area less than hr = 
h 2 /S R , so according to Section 7.1 it is triangular. With some straightforward 
algebraic manipulation, it can be shown that the net time saved by bridging the 
two lobes, while keeping the area to the right of the plateau fixed, is given by: 



2 / G\ A 2G\ G 2 h 

Case 3: Rightmost Lobe Is Triangular, Whether or Not It Is Bridged 

The upper limit on the area A for this case is the same as the lower limit in 
case 2. The lower limit for this case is the minimal possible area, that is, the 
area under a slew-rate-limited descending ramp from G 1 to 0. Thus, if the area 
to the right of the first plateau in Figure 7.3 (from point a to the right) is in the 
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then the bridged lobe will be triangle-like (Figure 7.5). In this case, the ampli- 
tude of the bridged lobe is related to the area to the right of the plateau by the 
relationship: 



G 2 = J A S R + ( ^- (7.30) 

Following a procedure analogous to the derivation of Eq. (7.25), it can be 
shown that, if the area to the right of the plateau is maintained, the net time 
savings is given by: 

Ar n e, = y Ug\ -G\- (G 2 - GO J > h>G 2 >G\>0 

re com 

if 



(7.31) 

Sometimes it is more convenient to recast Eq. (7.31) into the equivalent 
form: 



•rAr s "-^-r s ' + ^ +a ' 



Finally, we mention that there are cases when the overriding design 
consideration is not to make the most time-efficient waveform but rather 
some other factor such as the reduction of errors from the concomitant 
(i.e., Maxwell) field. In that case, a trapezoidal bridged lobe with a derated 
amplitude: 

G 2 < h (7.33) 

might be optimal. An example of this type of application is described in (Zhou 
et al. 1998). 

Example 7.1 A gradient system has maximal slew rate of Sr = 95T/m/s 
and a maximal amplitude of h = 30mT/m. A crusher with total gradient 
area of A = 50 ms • mT/ra is desired to the right of a slice-selection plateau, 
which has amplitude of Gj = 15.0 mT/m. If the lobes are bridged, what is the 
duration of the bridge ramp and how much time is saved compared to using 
two separate ramps? 

Answer First we find that the desired area to the right of the plateau, 50 ms • 
mT/m, exceeds the lower limit for case 1 (Eq. 7.19) given by: 



K'*3)- 



— I 1 + ^ ) = 10.66 ms • mT/m 
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so this example falls under case 1 . From Eq. (7. 18), the duration of the bridge 
ramp is: 

rt = g^ = (30.0 ,,0, mT/m =0158ms 

S R 95 T/m/s 

The net time savings is given by Eq. (7.25), so: 
15mT/m / 15 \ 
ir -=95T74( 2 -5o) = °' 237mS 
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7.3 Gradients for Oblique Acquisitions 

Unlike computed tomography, MR can acquire images in any plane. In 
addition to the standard axial, sagittal, and coronal orthogonal planes, any 
arbitrary oblique imaging plane can be selected. Those acquisitions, and the 
images that result, are known as obliques (Edelman et al. 1986). The selection 
of the imaging plane is based on the operator's prescription and is implemented 
by digitally modifying the gradient waveforms that are sent to the gradient 
amplifiers. Because this modification is performed electronically, without the 
need for moving parts, the time required to switch acquisition planes in MRI 
is negligible. For example, it is even possible to collect views of data from 
different slice orientations in an interleaved fashion within a single TR period. 
This type of MRI scan is known as multislice, multiangle (MSMA) oblique 
acquisition. An example of an MSMA graphic prescription and two of the 
resulting images are shown in Figure 7.6. 

7.3.1 Qualitative Description 

Most pulse sequences can be described in terms of their frequency- 
encoding, phase-encoding, and slice-selection gradient waveforms (Fig- 
ure 7.7a). These pulse sequences are sometimes called Cartesian acquisitions 
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FIGURE 7.6 A multislice, multiangle prescription for a lumbar spine exam, (a) Four 
groups of oblique axial-coronal slices are deposited on a sagittal localizer exam so that 
the resulting images will show the disks in true cross section, (b-c) Two of the resulting 
oblique images. The annotated image numbers (e.g., Im: 17) correspond to the line 
labels on the localizer image. The dark band (hollow arrow) is the loss of signal due 
n where two of the interleaved oblique slices intersected. 



because their k-space trajectories are aligned with a Cartesian coordinate sys- 
tem (named after Rene Descartes, 1596-1650, the French philosopher and 
mathematician who introduced analytical geometry). That set of three gradi- 
ent waveforms goes by a variety of names including functional, imaging, or 
logical waveforms, and the axes along which the waveforms are played out are 
often referred to as functional, imaging, or logical axes. We denote the logical 
axes by lowercase letters x, y, and z. Distinct from the three logical axes are the 
three physical axes, X, Y, and Z, which lie in another Cartesian coordinate sys- 
tem that is fixed to the magnet (Figure 7.8) and is usually rotated with respect to 
the logical axes. The (0,0,0) origin of the physical coordinate system is chosen 
to be the gradient isocenter, where the gradients produce zero magnetic field 
and which typically corresponds to the center of the magnet. By convention, 
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FIGURE 7.7 (a) 2D gradient echo pulse sequence diagram shown in the logical gradi- 
ent coordinate system (frequency-encoding, phase-encoding, and slice-selection or x, 
y, and z, respectively), (b) The same pulse sequence after application of a 3 x 3 rotation 
matrix to transform it to the physical coordinate system. Note the increased gradient 
amplitude for one of the lobes on the physical Z axis (arrow). 
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Right-left 

FIGURE 7.8 Physical X, Y, Z coordinate system that is fixed to the MRI magnet. 
By convention, the physical Z axis corresponds to the direction of the main magnetic 
field. The annotation in the figure assumes a horizontally placed, cylindrical magnet 
configuration. 



the physical +Z axis is chosen to be in the direction of the main magnetic 
field. Also by convention, the physical coordinates system is usually chosen to 
be right-handed. That means if we place our right hand on the system so that 
the fingers of the right hand curl from +X to +Y, the right thumb points in the 
+Z direction. Each of the three physical axes has its own associated gradient 
coil, which in turn is driven by its own dedicated gradient amplifier. Table 7.1 
summarizes a few typical choices for the X, Y, and Z physical axes for hori- 
zontally oriented cylindrical magnets and for vertical-field open-sided MRI 
systems. 

The physical X, Y, and Z magnet coordinate system does not necessarily 
correspond to the patient coordinate system. For example, if the magnet right- 
to-left also corresponds to a supine patient's right-to-left, it will be a prone 
patient's left-to-right. Similarly, the anterior-to-posterior (i.e., front-to-back) 
direction of the patient does not lie along the physical Y axis unless the patient 
is supine in a cylindrical magnet. These relationships are sometimes referred to 
as patient geometries. The associated bookkeeping required for proper image 
annotation (e.g., to indicate the patient's left) can get quite involved because 
of the large number of patient-positioning options available (e.g., head-first 
or feet-first, and prone, supine, right- or left-lateral decubitus). To stan- 
dardize image viewing, MRI usually follows the same conventions for image 
orientation as do other medical images and illustrations (listed in Table 7.2). 
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Table 7.1 

Typical Directions for the Physical Axes X, Y, and Z in Cylindrical and Vertical 

Field Magnets' 2 



Magnet Type 



Horizontally oriented 
cylindrical magnet 
Vertical-field open-sided 
magnet 



Right-to-left or Up-to-down or Along E 
left-to-right down-to-up 

Right-to-left or Head-to-foot or Along E 
left-to-right foot-to-head 



" As viewed by a subject lying in the magnet (supine or prone). The choice between right- 
to-left or left-to-right, for example, is made so that the physical axes form a right-handed 
coordinate system. 



Table 7.2 
Conventional Image Orientatio 



Apparent Location Right Side 

Image Plane of the Viewer Top of Image of Image 



Axial and axial-like Patient's feet 

oblique 

Sagittal and Patient's left 

sagittal-like oblique 

Coronal and Patient's front 

coronal-like oblique 



Patient's front Patient's left 
Patient's head Patient's back 
Patient's head Patient's left 



" These conventions are usually followed regardless of the patient positioning. 



The three logical waveforms (Figure 7.7a) are digitally mixed in ratios 
determined by angulation of the prescribed imaging plane to yield the three 
physical waveforms along the X, Y, and Z axes (Figure 7.7b). The physical 
waveforms shown in Figure 7.7b are an example of a single-angle oblique 
prescription, in that only two of the waveforms ( phase-encoding and slice- 
selection) are mixed, while the frequency-encoding waveform is not. Oblique 
prescriptions that mix all three logical waveforms are called double-angle or 
compound-angle obliques. (Note that either single- or double-angle oblique 
slices can make up the MSMA prescription described earlier in this section.) 
The mathematics of the mixing of the logical waveforms to yield the desired 
physical waveforms is described by a 3 x 3 orthogonal rotation matrix, which 
is discussed next. 
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Although Figure 7.7 and the preceding discussion focus on Fourier- 
encoded Cartesian acquisitions, obliques are also important for non-Cartesian 
acquisition strategies such as projection (i.e., radial) and spiral scans. Even for 
an axial radial projection acquisition, the necessary tilting of the frequency- 
encoding gradient in k-space required to generate the multiple spokes can 
be accomplished with the rotation matrix methods that are used for oblique 
imaging of Cartesian trajectories. More details are provided in Sections 17.5 
and 17.6. 



7.3.2 Mathematical Description 

A 3 x 3 orthogonal rotation matrix 5H describes the transformation from 
the logical gradient waveforms to the physical gradient waveforms: 
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where the subscripts x, y, and z denote the coordinate system based on the 
image, or the logical coordinate system. For example, in a 2D Fourier-encoded 
pulse sequence, x, y, and z correspond to the frequency-encoded, phase- 
encoded, and slice-selection axes, respectively. The indices of the matrix 
elements should be interpreted from right to left — for example, the element a\$ 
indicates the contribution from the third logical element to the first physical 
one, from z to X. Another way to express this property is to label the rows and 
the columns of the rotation matrix with from and to, as in Table 7.3. 

Physically, the matrix 3t describes a rotation in three-dimensional space. 
As the name suggests, the rotation matrix for a single-angle oblique can be 
parameterized by a single angle (one that is not equal to 0, ±90, ±180, . . .) 
and has exactly one matrix element that is equal to ± 1 . For a double-angle 
oblique, the rotation matrix has no elements that are equal to ±1. The rotation 
matrix for an orthogonal prescription has three elements equal to ± 1 , while the 
other six elements are always 0. (Because of the constraint described next, it is 
not possible for the rotation matrix to have exactly two elements equal to ±1.) 

All rotation matrices are orthogonal and normal (also called orthonormal); 
that is, the product of the matrix with its own transpose is equal to the identity 
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Table 7.3 
Indices of Rotation Matrix Elements" 



032 



a 33 



a The indices of the rotation matrix elements should be interpreted 
from right to left. For example, the element a^ indicates the con- 
tribution from z to X, that is, from slice selection (the third logical 
axis) to X (the first physical axis). 
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Similarly, S)i r S)i = I as well. Equation (7.36) implies that the dot product of 
any two row (or column) vectors that make up 5H is equal to 0, unless the row 
(or column) index is the same, in which case the dot product is equal to 1. 
This relation can be expressed compactly with the Kronecker delta form of 
the identity matrix (named after Leopold Kronecker, 1823-1891, a German 
mathematician): 



_, aikOjk = 



i*j 



(7.37) 



An arbitrary 3D rotation has three degrees of freedom, which can be param- 
eterized by the three Euler angles (named after Leonhard Euler, 1707-1783, a 
Swiss mathematician) (Goldstein 1980, chap. 4). Equation (7.37) represents a 
total of six independent constraints, which is consistent with the nine elements 
of the matrix because 9-6 = 3 degrees of freedom. The product of any two 
orthogonal matrices is also an orthogonal matrix. Also, the determinant of any 
orthogonal matrix must have absolute value equal to 1 : 



det(JH) = ±1 



(7.38) 



Next consider two examples of rotation matrices. For a cylindrical bore, 
horizontal magnet and a supine patient position, the rotation matrix for an 
axial acquisition with the frequency-encoding direction anterior to posterior is 
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given by: 



±1 



where the signs are determined by specifics such as the direction of the main 
magnetic field and the direction of patient entry so that the image orientation 
conventions in Table 7.2 are followed. The example of gradient waveform 
mixing given in Figure 7.7 is an oblique axial-coronal, with the slice direction 
tilted 30° away from the Z axis. Its rotation matrix is: 





cos 30° sin 30° 
— sin 30° cos 30° 











0.866 0.5 
-0.5 0.866 



(7.40) 



Example 7.2 Write a rotation matrix for a sagittal acquisition with the fre- 
quency encoding in the up-down direction (i.e., anterior-posterior for a supine 
patient in a cylindrical bore horizontal magnet). 

Answer A sagittal acquisition has slice-selection gradient along the physical 
X axis, so from Table 7.3 the matrix element an = ±1. The other elements 
of the rotation matrix are deduced similarly, yielding: 



(7.41) 



The actual signs of the rotation matrix elements will be determined based on 
the magnet coordinate (e.g., the direction of the Bo field) and patient geometry 
in accordance with the guidelines given in Tables 7.1 and 7.2. 






±1 








±1 






Graphic Prescriptions Here we describe methods to generate the rotation 
matrix 9\ based on the operator's graphic prescription of a slice location. Con- 
sider unit vectors in the frequency-encoded, phase-encoded, and slice-selection 
directions: 
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When a slice is prescribed (usually graphically), it provides the unit vectors in 
the physical coordinate system: 



= m x = 



The three physical axis vectors in Eq. (7.43) contain all the elements of the 
rotation matrix, so once they are determined !H is known. 



Line Deposit Prescription Perhaps the most common slice prescription 
procedure is to graphically deposit one or more lines on a reference image, 
as illustrated in Figure 7.6. (When this is the main purpose of the reference 
image, it often called a scout, survey, basic, or localizer image, especially 
if it is acquired in the first series of the exam.) Each deposited line repre- 
sents the intersection between the prescribed slice and the localizer image. 
It is assumed that the physical coordinates are known for every location on the 
localizer image. Suppose «loc is a known unit vector normal (i.e., perpendicu- 
lar) to the plane of the localizer image and mdep is a unit vector along the 
deposited line. (Both mloc and «dep are defined in the physical coordinate 
system.) The operator must also specify whether the deposited line represents 
the frequency-encoded or phase-encoded direction of the desired slice. If, for 
example, it represents the frequency-encoded direction, then the unit vectors 
in Eq. (7.43) are calculated with a vector cross product: 



ux = "DEP 
uy — "LOC 



(7.44) 



Equation (7.44) completely specifies the rotation matrix for the prescribed 
slice. If the localizer image is orthogonal (i.e., it is axial, sagittal, or coronal), 
then the graphically prescribed slice will be either orthogonal as well or 
a single-angle oblique. If, however, the localizer is an oblique, then the 
prescribed slice can be either a single- or double-angle oblique. 



Three-Point Prescription Sometimes the operator desires a slice that 
includes landmarks that are only visible on more than one localizer image. One 
common procedure used to accomplish this is known as three-point localization 
or a three-point prescription (Busse et al. 1999). The operator graphically 
deposits three (non-collinear) points, which define a plane. The three points 
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can be described by the vectors r\ , n, and r 3 in the physical coordinate system. 
Because the vector difference of any pair lies within the desired imaging plane, 
the unit slice-selection vector is given by the vector cross product: 



«z = ± 



(n - r 2 ) x (/- 3 - ; 2 ) 
ll(n-?2)x(?3-? 2 )ll = 



IKn-rzJxto-rz)!! 



(7.45) 



There are an infinite number of choices for the frequency- and phase-encoding 
directions within the plane specified by r\ , f 2 , and r$ . For example, we can take: 



(Ideally, we would like to follow the image orientation conventions in Table 7.2, 
in which case appropriate linear combinations of the unit vectors in Eq. 7.46 
can be used instead.) 

The graphic prescription also contains information about the shortest dis- 
tance Sz from gradient isocenter to the prescribed slice plane (Figure 7.9). This 
information is also retained and is used to calculate RF frequency offset, as 
described in Section 8.3 on slice-selection gradients. For example, the slice 




FIGURE 7.9 Given the prescription of a slice plane relative to isocenter, we can 
define offsets in the frequency-encoding, phase-encoding, and slice-selection direc- 
tions. The slice offset Sz is the nearest distance from gradient isocenter to the slice 
plane. The frequency and phase offsets Sx and Sy, respectively, are determined by 
decomposing a line from the image center to the intersection point (P). 
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offset can be calculated for a three-point prescription by finding the shortest 
distance from the prescribed plane to isocenter: 

±8z = r\-uz = ? 2 -uz = h-uz (7.47) 

which the interested reader can show with the aid of Eq. (7.45). Equation (7.47) 
is a special case of a general result from analytic geometric (Salas and Etgen 
1 998) that states that if a plane is defined by the vector equation: 



then the shortest distance between the origin (i.e., the isocenter) and the plane 
is given by: 

Sz = \a\ (7.49) 

The off-center distances in the frequency- and phase-encoded directions (Sx 
and Sy, respectively) can also be obtained from the graphic prescription. These 
quantities are used to calculate frequency and phase modulation during image 
acquisition (Sections 11.1 and 11.5). They can be found by extending a line 
parallel to u z from isocenter until it intersects the imaging plane at point (P), 
as shown on Figure 7.9. The lengths of the components in the frequency- and 
phase-encoded directions of a vector from the image center to P provide Sx 
and Sy, respectively. 

Restrictions on the Logical Amplitudes and Distributed Loads The rota- 
tion matrix mixes multiple logical waveforms to yield a single physical-axis 
gradient waveform. So for oblique prescriptions it is possible for the gradi- 
ent amplitude on a physical-axis gradient waveform to exceed any of the 
logical-axis waveform amplitudes. An example is shown on the physical Z axis 
waveform in Figure 7.7b (arrow). There, the maximal absolute value of the 
amplitude is 1 .366 times the largest gradient amplitude on any of the logical 
waveforms. Care must be exercised so that the maximal gradient amplitude 
of ±h is never exceeded on any of the three physical axes. The worst case 
situation occurs when all the logical gradient amplitudes are maximized and 
the prescribed slice orientation is such that all three of the matrix elements 
along a row of 9i are equal. Then the logical amplitudes must be limited to 
h/V3 % 0.577/z. 

Conversely, in some oblique prescriptions, the redistribution of the logical 
gradient waveforms can actually ease amplitude restrictions. For example, if 
only a single logical waveform is active at a certain time, then the rotation 
matrix can distribute that logical load onto multiple physical axes. Then 
the maximum logical amplitude can exceed h without problems. Again in 
the extreme case when the three matrix elements along a row of 3t are all 
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equal, that single logical gradient amplitude can be as high as */3h ~ 1.73/z. 
The permissible range of logical gradient amplitudes therefore varies by a 
factor of 3 (i.e., from h/y/3 to y/3h). Because this is a very wide range and 
the hardware required to generate gradient performance is quite expensive, it 
is worthwhile to consider these limits in more detail. 

The simplest method to ensure that the maximal gradient amplitude is 
never exceeded on each of the three physical axes is to restrict all the logical 
amplitudes so that they lie within the range —h/*JT, + h/y/3 , regardless of 
which logical waveforms are active or dormant and the specific angulation of 
the prescription. Although simple to implement, this method is quite wasteful 
of gradient performance. 

A more sophisticated algorithm that is still simple to implement is 
described in Bernstein and Licato (1994). This method calculates a target 
amplitude based on the maximum absolute row sum (MARS) for the rotation 
matrix. Suppose, for example, the middle column of the rotation matrix con- 
tains a 1, for example, an = 1. We can infer that this is a single-angle oblique 
in which the phase-encoding function is unmixed by the rotation. The rotation 
matrix can be expressed: 



1 

fl 2 3 
a 33 



(7.50) 



The target amplitude for the phase-encoding function is simply the maximal 
gradient amplitude h : 

— G y , target < G y (t) < G_ v , target G.y, target = h (7.51) 

Suppose also that the pulse sequence contains a frequency-encoding lobe 
and a slice-selection lobe that (at least partially) overlap in time. Then, accord- 
ing to the MARS method in a feasible target amplitude for those two logical 
lobes can be calculated using: 

GjrZ ' target = max(| fl2 il + 1*231,10311 + 1*331) (? ' 52) 

By substituting Eqs. (7.52) and (7.51) into Eq. (7.50), the reader can verify 
that all three physical gradient amplitudes are guaranteed to lie within the 
range [—h, +h], as required. Although this discussion has focused on gradient 
amplitude restrictions, similar methods can be used to set limits for gradient 
slewing as well. 

Example 7.3 Consider the oblique prescription depicted in Figure 7.7 and 
described by the rotation matrix in Eq. (7.40). What logical target amplitude 
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should be used for gradient lobes on the phase-encoding and slice-selection 
axes if the two lobes temporally overlap? What logical target amplitude can 
be used on an isolated gradient lobe on the slice-selection axis? 

Answer Calculating the MARS on the second and third columns of the 
rotation matrix in Eq. (7.40) yields: 



G V7 t, r „ e , = = 0.732/z 

yz , target ^^ cos3Qo[ H_ [ s i n 30° [ , [ — sin30°| + | cos 30° I) 

(7.53) 

Note that because 0.732 x 1.366 = 1, the target amplitude in Eq. (7.53) 
prevents the physical Z axis gradient overrange depicted on Figure 7.7b. 

The target amplitude for the isolated lobe on the slice-selection axis is: 

G z , target = * , ■ , non = 1-155/* (7.54) 

6 max(|cos30°|, |sin30°|) 

Because of the distributed load, the maximal slice-selection amplitude in 
Eq. (7.54) can exceed the physical-axis limit h. 

Although the MARS method offers a substantial improvement compared 
to the draconian restriction of setting all the logical target amplitudes to h/*/3, 
it is not guaranteed to be optimal in all cases. Other powerful methods have been 
developed. For example, the hardware optimized trapezoid (HOT) method 
(Atalar and McVeigh 1994; Bolster and Atalar 1999) recognizes that in those 
time periods when both RF transmission and data acquisition are dormant, the 
net gradient area is the important factor rather than the exact shape of the gradi- 
ent waveforms. The HOT method designs an optimal gradient subwaveform 
for each of these time periods, often providing a substantial time savings. A 
drawback to the HOT method is engineering complexity because, in general, 
the same optimized gradient designs cannot be reused for each phase-encoding 
step. 

7.3.3 Applications 

Oblique prescriptions are widely used. A well-known application is 
lumbar, sacral, and thoracic spine imaging, in which oblique axial-coronal 
planes are graphically prescribed from a sagittal localizer so that the spine 
is imaged in true cross section (Figure 7.6). Another common application of 
oblique imaging is cardiac MR of the left ventricle (Figure 7.10). Often that 
prescription begins with a sagittal or coronal localizer, on which single-angle 
oblique images are graphically prescribed, providing long-axis views of the 
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FIGURE 7.10 Example of a cardiac graphic prescription, (a) Sagittal localizer, 
(b) Single-angle oblique long axis view, (c) Double-angle oblique short-axis view. 
Note the progressively complicated patient-position labels on the edges of the images, 
from S/I-A/P on the sagittal image to SA/IP- ARI/PLS on the double-angle oblique. 
S, superior; I, inferior; A, anterior; P, posterior; L, left; R, right. 



left ventricle. Then double-angle oblique short-axis view can be graphically 
prescribed from a long-axis image. Oblique gradients are also quite useful in 
diffusion-weighted imaging, in which two or three physical gradients can be 
activated simultaneously to provide a much higher b-value than when using 
a single-axis gradient alone. Even for brain examinations, axial prescriptions 
are often given a slight coronal tilt to better align the corpus callossum with 
the imaging plane. 

With the advent of 3D volume imaging and the ability to reformat the 
resulting contiguous slices into any arbitrary plane, it may seem somewhat 
surprising that 2D oblique imaging continues to enjoy widespread popular- 
ity. It is sometimes stated that 3D volume acquisition has an SNR efficiency 
advantage over 2D imaging equal to the square root of the number of slices. 
As explained in Section 1 1 .6, however, this is an oversimplification, and in 
fact the signal-to-noise per unit time efficiency of the 3D and interleaved 2D 
strategies is approximately equal for gradient echo acquisitions. Instead, it is 
the linear relation between voxel volume and SNR that explains the peren- 
nial popularity of 2D oblique acquisitions. Partial-volume artifacts are often 
minimized when the slice is properly oriented; for example, the spinal cord 
is imaged in cross section as in Figure 7.6. This reduction in partial-volume 
artifact in turn allows oblique 2D imaging to use thicker slices and hence to 
have increased SNR. 3D imaging, however, requires a smaller voxel volume to 
provide the same quality views in multiple planes with retrospective reformat. 
Moreover, retrospectively averaging voxels together in MR provides only a 
square root, rather than a linear increase, in SNR. Thus 2D oblique imaging is 
a particularly efficient acquisition mode for many applications. 
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Oblique 3D acquisitions have become increasingly popular as well. 
Oblique 3D acquisitions offer advantages in two separate regimes. First, as 
with 2D obliques, 3D oblique acquisitions can allow thicker slices (to increase 
the SNR) if the desired anatomy can be imaged in true cross section throughout 
the imaging volume. The second and more commonly exploited application 
advantage is that it allows full coverage of obliquely oriented anatomy with 
fewer or thinner slices, thereby saving acquisition time or increasing the spatial 
resolution. For example, in contrast-enhanced MRA the carotid-vertebral- 
basilar arterial circulation can often be covered with fewer or thinner oblique 
slices than with straight coronals. 
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Imaging Gradients 



8. 1 Frequency-Encoding Gradients 

Frequency encoding is a common spatial encoding method employed by 
many MRI pulse sequences, including projection acquisition (Lauterbur 1973) 
and Fourier imaging (Kumar et al. 1975; Edelstein et al. 1980). Frequency 
encoding is accomplished by applying a frequency-encoding gradient to the 
imaged object. This gradient spatially encodes NMR signals by assigning a 
unique precession frequency (i.e., Larmor frequency) to each spin isochromat 
at a distinct spatial location along the gradient direction (a spin isochromat is 
a cluster of spins that precess with the same frequency). Under the influence 
of this gradient, time-domain NMR signals will consist of a range of frequen- 
cies, each corresponding to a different spatial location. An inverse Fourier 
transform of the time domain NMR signal reveals the frequency content. Each 
frequency is linearly related to the corresponding spatial location along the 
gradient direction. 

A frequency-encoding gradient can be applied along any physical direc- 
tion. In projection acquisitions, the direction of the gradient is varied during 
the course of imaging, as described in Section 17.5. In Fourier-encoded pulse 
sequences, the direction of the gradient is typically held fixed and repeats itself 
while the phase-encoding value is incremented. Even for the MSMA oblique 
prescriptions described in Section 7.3, the frequency-encoding gradient direc- 
tion is held fixed during the data acquisition of any given slice. The polarity of 
the frequency-encoding gradient can be either positive or negative. When the 
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polarity of a frequency-encoding gradient is reversed, the image simply flips 
in the frequency-encoded direction, which can be corrected for during image 
reconstruction. 



8.1.1 Qualitative Description of Frequency-Encoding 
Gradients 

To qualitatively understand the effect of a frequency-encoding gradient on 
a spin system, let us consider two plates of water placed in a uniform magnetic 
field Bq as shown in Figure 8. la. In the absence of a frequency-encoding gradi- 
ent, protons in both plates resonate with the same frequency (i.e., the Larmor 
frequency), producing a single-frequency NMR signal (Figure 8.1b). After a 
Fourier transform, this frequency is revealed in the spectrum (Figure 8.1c), 
which does not contain any spatial information regarding the two water 
plates. In the presence of a frequency-encoding gradient G applied along the 




FIGURE 8. 1 NMR signal characteristics for two plates of water in the absence (top 
row) and presence (bottom row) of a frequency-encoding gradient. So denotes the 
main magnetic field, G the applied frequency-encoding gradient, r the spatial location 
along the gradient direction, and FT the Fourier transform. Without the gradient (a), 
only a single resonant frequency is contained in the time-domain signal (b) and its 
frequency-domain spectrum (c). With the gradient (d), a range of resonance frequencies 
is present in the time-domain signal (e) and its spectrum (f ). Each frequency in the 
spectrum corresponds to a spatial location along the direction of the gradient. Thus, 
the spectrum gives a projection of the imaged object. 
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Prephasing lobe Readout lobe 

FIGURE 8.2 A frequency-encoding gradient waveform in a spin-echo pulse sequence. 
The waveform consists of two lobes; a prephasing gradient lobe G x , p (t) and a readout 
gradient lobe G x (t), both of which have the same polarity. 



horizontal direction (Figure 8. Id), the resonant frequency of the spins becomes 
linearly related to their location along the direction of the gradient. Thus, the 
time-domain NMR signal consists of a range of frequencies (Figure 8. 1 e), each 
corresponding to spin isochromats at a specific location. A Fourier transform of 
the time-domain signal produces a spectrum that reveals the density of spins at 
these frequencies, thereby producing a projection of the objects (Figure 8. If). 
Spatial information is encoded into the NMR signal by the frequency-encoding 
gradient, and decoded by a subsequent Fourier transform. 

A frequency-encoding gradient waveform typically consists of two por- 
tions, a prephasing gradient lobe (also known as dephasing gradient lobe) and 
a readout gradient lobe. In an RF spin-echo pulse sequence, these two lobes are 
usually separated by an RF refocusing pulse with the prephasing gradient lobe 
before the pulse and the readout gradient lobe after it (Figure 8.2). This design 
is popular because it allows a shorter minimum TE (or echo spacing, in echo 
train pulse sequences), and the FID artifact from an imperfect 180° refocus- 
ing pulse can be more efficiently dephased. Because the RF refocusing pulse 
negates the accumulated phase from the prephasing lobe, both the prephas- 
ing and the readout gradient lobes have the same polarity. In a gradient-echo 
pulse sequence, the two gradient lobes can be combined into a single con- 
tinuous waveform (Figure 8.3). The polarity of the prephasing gradient lobe is 
opposite to that of the readout gradient lobe. In pulse sequences with multiple 
spin echoes or gradient echoes, such as EPI, RARE, and GRASE, the second 
half of a readout gradient can also serve as a prephasing gradient for the sub- 
sequent readout. Thus, only a single separate prephasing gradient lobe is used 
at the beginning of the sequence, regardless of the length of the echo train (see 
Sections 16.1, 16.2, and 16.4). 

The purpose of the prephasing gradient lobe is to prepare the transverse 
magnetization so that an echo signal can be created at a later time. This can 
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FIGURE 8.3 A frequency-encoding gradient waveform in a gradient-echo pulse 
sequence. The two gradient lobes, the prephasing lobe G x _ p {t) and readout lobe G x (t), 
have the opposite polarity. 



be intuitively understood by considering two spin isochromats, / and //, at 
different locations. When the prephasing gradient is applied, the two spin 
isochromats will begin to accumulate phase. The phase accumulation rate will 
be different if the isochromats are at locations that have different field strengths 
due to the prephasing gradient. Suppose isochromat / accumulates phase faster 
than isochromat // (Figure 8.4a). This scenario is analogous to two sprinters 
when one runs faster than the other, as depicted in Figure 8.5a. When the 
prephasing gradient is terminated, the spin isochromats will stop accumulating 
phase and remain, one at point A and the other at B (Figure 8.4a). In our 
analogy, this is equivalent to a situation in which sprinter / stops at point A 
and sprinter // stops at point B (Figure 8.5a). 

In an RF spin-echo pulse sequence, the refocusing RF pulse negates the 
phase of the spin isochromats (Figure 8.4b); this is analogous to the two sprint- 
ers' swapping lanes (Figure 8.5b). When a readout gradient is applied, the two 
spin isochromats will continue to accumulate phase under the influence of 
the readout gradient or, equivalently, the two sprinters will continue to run 
(Figure 8.5b). When the two spin isochromats / and // meet (i.e., they are in 
phase), an echo is formed (Figure 8.4d); in our analogy, because sprinter / is 
still faster than sprinter //, sprinter / will catch up to sprinter // after a certain 
time (Figure 8.5b). 

In a gradient-echo pulse sequence, the polarity change between the pre- 
phasing gradient lobe and the readout gradient lobe reverses the directions of 
phase accumulation of the spin isochromats (Figure 8.4c); in our analogy, this is 
equivalent to the two sprinters reversing their running directions (Figure 8.5c). 
The rapidly dephasing spin isochromat will meet the slowly dephasing spin 
isochromat (Figure 8.4d), producing an echo signal; similary, with the reversal 
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FIGURE 8.4 A diagram showing the effect of prephasing and readout gradients on a 
spin system consisting of two spin isochromats, / and //. (a) The prephasing gradient 
introduces a phase dispersion. In a spin-echo pulse sequence, the phase dispersion is 
reversed by the 1 80° RF pulse (b). When a readout gradient with the same polarity 
is applied, the spins / and // continue the phase accumulation in the same direction, 
producing an echo in (d). In a gradient-echo pulse sequence, the polarity of the readout 
gradient is the opposite to that of the prephasing gradient. The directions of phase 
accumulation of the spins are reversed (c), producing an echo as shown in (d). 
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FIGURE 8.5 A diagram showing the effect of prephasing (a) and readout gradients 
(b and c) on spin systems using the analogy of two sprinters (two spin isochromats) 
and the action of 'running' (spin phase accumulation). 
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in direction the faster sprinter / will catch the slower sprinter // after a certain 
time (Figure 8.5c). 

In both spin-echo and gradient-echo sequences, we can see that the pre- 
phasing gradient is a prerequisite for echo formation, while the readout gradient 
creates the echo. For the spin-echo case, the 180° RF pulse refocuses phase 
accumulation from chemical shift, So-held inhomogeneity, and susceptibility 
variations (collectively known as off-resonance effects). Because the gradient 
echoes do not employ a refocusing RF pulse, the off-resonance effects con- 
tinue to cause phase accumulation throughout the frequency-encoding process. 
This difference between spin echo and gradient echo gives rise to different con- 
trast mechanisms (e.g., 72 vs. T£) and artifacts in MR images (Sections 14.1 
and 14.3). 

Although a prephasing gradient is used in most pulse sequences to generate 
echo signals, some pulse sequences using FID signals do not require prephas- 
ing gradient lobes. An example can be found in some projection-acquisition 
pulse sequences (Section 17.5) in which FID signals, instead of echoes, are 
frequency-encoded (Lauterbur 1973; Boada et al. 1997). Such pulse sequences 
can achieve a very short TE time and are particularly useful for imaging tissues 
with short T2 or T 2 * values, such as the lung. 

The area under the prephasing gradient lobe determines the time at 
which the echo peak forms. The echo signal reaches its maximum when the area 
under the readout lobe is equal to the area of the prephasing lobe. Thus, increas- 
ing the area of the prephasing lobe delays the echo (or shifts the echo peak to 
the right). Conversely, decreasing the prephasing gradient area advances the 
echo (or shifts the echo peak to the left). It is worth noting that the position of 
the echo does not have to coincide with that of an RF spin echo in a spin-echo 
pulse sequence. When the echo produced by balancing the prephasing and 
readout gradients does match an RF spin echo, the off-resonance effects are 
minimized. Sometimes, a mismatch is intentionally introduced to make the 
pulse sequence more sensitive to chemical shift, magnetic susceptibility, or 
T* effects. 

The amplitude and duration of the readout gradient lobe are related to 
image resolution, receiver bandwidth, fields of view (FOVs), and gyromag- 
netic ratio. These relationships can be more clearly seen next, as well as in 
Section 11.1. 



8.1.2 Quantitative Description of Frequency-Encoding 

Gradients 
Consider a series of spin isochromats arranged in a one-dimensional 
array at locations x\, X2, *3, . . . , x„ along the x axis with spin densities 
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Px\, Px 2 , P* 3 , • • • , Px„- When the prephasing gradient G x ^ p (t) (Figure 8.2) is 
applied, each spin isochromat j will have a distinct precession frequency given 
by the Larmor equation: 

a>' x .=y(Bo + G x , p (t)xj) (8.1) 

where Bo is the main magnetic field, and y is the gyromagetic ratio in radians 
per second per tesla. In a reference frame rotating with frequency of co = y B , 
the precession frequencies of the spin isochromats are simplified to: 

vxj = yG x , p {t) Xj (8.2) 

The phase (measured in radians) accumulated by spin isochromat j due to the 
prephasing gradient is: 

T T 

4>xj, P = f oxjdt = yxj f G x , p (t)dt =27TXjk x , p (8.3) 



where T is the duration of the prephasing gradient, and k x<p = 
(y/2jt)f G x , p (t) dt is the k-space offset, which is proportional to the preph- 
asing gradient area. With the phase given by Eq. (8.3), the NMR signal S XtP in 
the transverse plane can be obtained by summing up all the isochromat vectors 
weighted by their spin densities: p Xl , p X2 ,p Xi ,..., p Xn . Thus, we have: 



Sx. P = Y^P*, e " Pxj ' r % / P^ 



where p(x) and <p p (x) are the continuous representations of the spin density 
and the phase dispersion, respectively. 

In a spin-echo pulse sequence, the 180° RF refocusing pulse negates the 
phase dispersion (p p (x). After the 180° pulse, Eq. (8.4) becomes: 



S'x, P = f p(x)e'4>' M dx 

eadout gradient lobe G x {t) 
)duced to the spin isochroma 

4>(x, t) = yx G x (t')dt' = 2nxk x ( 



At this point, when a readout gradient lobe G x {t) is applied, an additional 
phase dispersion is introduced to the spin isochromats: 
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where the time origin is defined at the initial point of the readout gradient 
lobe (Figure 8.2). With this new phase, the NMR signal previously given by 
Eq. (8.5) becomes: 



-i(<P(x. t )-<p p (x)) dx = / p(x)e -i2xx(k x it)-k x . p ) dx (87) 



At a specific time / e cho corresponding to ft* (/echo) = k x<p , the phase- 
dispersion term in Eq. (8.7) becomes 0, indicating that all spin isochromats 
are in phase and form an echo. Using the k-space expressions in Eqs. (8.3) 
and (8.6), we can readily see that at / ec h , the readout gradient area equals the 
prephasing gradient area: 



I G x (t)dt= I G x . p (t')dt' 



/echo defines the time point when the center of the k-space is sampled. If 
k-space is sampled symmetrically with respect to its center, then the readout 
gradient must be on for a time period r acq /2, prior to / e cho(7acq is the data 
acquisition time). This requires the readout gradient area to the left of / e cho 
be the same as the area of the entire pre-phasing gradient. During the time 
period [? ec ho — T acq /2, ? e cho]» data points on the negative k x axis are sampled 
(Figure 8.6). To sample the k-space points on the positive k x axis, the readout 
gradient remains active for an additional time period r acq /2 after ? e cho- This 
produces a symmetric k-space line spanning —k x , p to +k x , p (Figure 8.6). If 
the pulse sequence is designed so that the peak of the 1 80° refocusing pulse 
occurs exactly midway between the peak of the 90° pulse and ? e cho> then 
the off-resonance effect is minimized, which is highly desirable for many 
applications. 

In a gradient-echo sequence, because the prephasing gradient and the 
readout gradient have opposite polarities, the magnetization during the readout 
gradient can also be described by Eq. (8.7). In this case, a gradient echo is 
produced when: 



- I G x . p (t)dt= [ GAOdt 



(8.9) 



where the time point / e cho is defined similarly to that of the spin-echo pulse 
sequence. Although the readout gradient can be applied symmetrically with 
respect to r ec ho in order to acquire the k-space data from —k XtP to +k XtP 
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FIGURE 8.6 k-space sampling during the frequency-encoding gradients in a spin- 
echo pulse sequence. The k-space offset k XtP is determined by the prephasing gradient 
lobe G XtP (t) and negated by the 180° refocusing RF pulse, k-space sampling is 
accomplished during the readout gradient lobe, as denoted by the dots ranging from 
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FIGURE 8.7 k-space sampling during the frequency-encoding gradients in a gradient- 
echo pulse sequence, (a) Full echo acquisition, (b) Partial echo acquisition. The k-space 
offset k x , p is determined by the prephasing gradient lobe G XtP (t), and k-space sampling 
is accomplished during the readout gradient lobe. The absolute value of the prephasing 
gradient area in (b) is smaller than in (a). 



(Figure 8.7a), it can also be applied asymmetrically to acquire fewer data 
points before f echo (Figure 8.7b). This acquisition technique, known as partial 
or fractional echo (Section 14.1), can considerably reduce the minimum echo 
time and the gradient moments. Thus, it is widely used for angiographic and 
cardiac applications. 
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5.1.3 Implementation 



Readout Gradient Design The duration of data acquisition T acq is determ- 
ined by the receiver bandwidth ±Av and the number of k-space data points 
along the readout direction n x : 



where Av pp is the bandwidth per pixel. Given the FOV along the readout 
direction L x , the amplitude of the readout gradient plateau can be readily 
derived from Eq. (1.30): 

1 1 

Ak x = —- = — (8.11) 

n x Ax L x 

and the k-space expression for a constant readout gradient is given by: 

2n 2nn x 

where At is the sampling time or dwell time (i.e., the time it takes to acquire 
one complex point of data), and 7 acq = At -n x . Combining Eqs. (8.10), (8.1 1), 
and (8.12), we obtain: 

An Av 
G, = — — (8.13) 

yL x 

Equation (8.13) can also be obtained by simply matching the spin precession 
bandwidth across the FOV (i.e., (y/2tt)G x L x ) with the full receiver bandwidth 
(i.e., 2Av). 

Equation (8.13) indicates that the higher the readout gradient amplitude, 
the smaller the FOV that can be achieved. Thus, when the receiver bandwidth 
is fixed, a strong readout gradient amplitude is crucial to imaging small sub- 
jects. Although a smaller FOV can also be achieved by reducing the receiver 
bandwidth, that approach leads to a longer data acquisition time (Eq. 8.10) 
and makes the image more susceptible to flow effects and off-resonance (e.g., 
chemical shift) artifacts. 

The finite maximal slew rate of any practical gradient system does not 
allow the readout gradient to reach its target value instantaneously. Thus, a 
gradient ramp is required to increase the readout gradient from to its plateau 
amplitude. Similarly, at the end of acquisition, another gradient ramp is needed 
to return the gradient to amplitude. When linear gradient ramps are used, the 
minimal duration of the ramp (r ramp ) is limited by the maximal gradient slew 
rate S R ; T ramp > G X /S R . 
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Pre-phasing Gradient Design Once the readout gradient lobe has been 
determined, the prephasing gradient lobe can be calculated depending on 
whether a full echo or fractional echo is acquired. In a full-echo acquisi- 
tion where / e cho = ?acq/2, the prephasing gradient area is calculated using 
Eqs. (8.8) and (8.9) for spin echo and gradient echo, respectively. In a partial- 
echo acquisition, if n x j points are acquired prior to the center of the echo 
(n x ,f < n x /2), then r ec ho can be calculated: 

'echo = 7mmp + ~ (8-14) 

Once ?echo is known, the area of the prephasing gradient can be determined 
using Eq. (8.8) or Eq. (8.9). Theoretically, there is no requirement on the 
amplitude of the prephasing gradient as long as the area satisfies Eq. (8.8) or 
Eq. (8.9). This gives us some flexibility in choosing prephasing gradient lobes. 
For example, the maximal gradient amplitude can be used to minimize the echo 
time for applications such as angiography. Alternatively, a smaller gradient 
amplitude with a longer duration can be employed to reduce the effects of eddy 
currents and concomitant magnetic fields. The latter is particularly important in 
fast imaging at low magnetic field or with strong gradients (Section 10.1). An 
example on how to design readout gradient and prephasing gradient waveforms 
is given next. 

Example 8.1 An MRI scanner has a maximal gradient amplitude of 22 mT/m 
and a slew rate of 120T/m/s. An image reconstructed with 256 2 matrix is 
acquired from this scanner using a receiver bandwidth of Av = ±62.5 kHz 
on a FOV of 24 cm. Partial Fourier k-space data acquisition is employed to 
sample a k-space matrix of 224 (readout) by 256 (phase-encoding). Assume 
96 points are acquired before the echo peak. If a gradient-echo pulse sequence 
is used, design (a) trapezoidal readout and (b) prephasing gradient waveforms 
that minimize the TE. 

Answer 

(a) Readout gradient. The readout gradient plateau amplitude can be 
readily calculated using Eq. (8.13): 

Gjc = j^ = 4x*x62.5xlQ3 =L223 x io-2 T /m=12.23mT/m 
yL x 2.675 xl0 8 x 0.24 ' 

(8.15) 

This gradient strength is well below the maximum allowed (22 mT/m) 
on the scanner. The duration of the data acquisition can be obtained 
from Eq. (8.10): 

^^° 2» 62 2 5 4 x 103 - WlVr 3 .- '-792ms (8.16) 
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To minimize the TE, the maximal slew rate will be used. Thus, the 
trapezoidal gradient ramps (ascending and descending ramps) are: 

G x 1.223 x 10" 2 4 

Tramp = ^ = ™ = 1-019 X 1(T 4 S = 101.9 p,S (8.17) 

bR 120 

At this point, all the parameters for a trapezoidal readout waveform 
are determined, 
(b) Prephasing gradient. To design the prephasing gradient, we first 
determine the center of echo / ec ho using Eq. (8. 14). Because we assume 
that 96 points are acquired prior to the echo center, n x j in Eq. (8.14) 
equals 96. Accordingly, ? ecrio is: 

rec h0 = r ramp + ^ = 1.019 xlO- 4 + 2x6 ^ xlQ 3 
= 8.699 xl0 _4 s (8.18) 

The area (absolute value) of the prephasing lobe is equal to the area 
of the readout lobe to the left of the echo peak, and is given by: 

1.002 x 10" 5 Ts/m (8.19) 





A F 


, = G, 


/^ramp "*./\ 

c \ 2 ^2Avj 


A t 




hr = 


h 2 (0.022 T/m) 2 
S R 120T/m/s 



= 4.033 x l(T ft Ts/m (8.20) 

Section 7.1 indicates that the most efficient shape for the prephasing 
lobe is a trapezoid with plateau amplitude: 

G^, p = -22mT/m (8.21) 

and ramp time: 

\G xp \ 22xl0" 3 4 

Tramp.p = L — E1 = — — = 1.833 x 10" 4 s (8.22) 

Zr 120 

Finally, the plateau duration T p of the prephasing gradient can be 
determined from: 

T p = j-2-r - 7^,^ = 2.720 x I0~ 4 s = 272 [xs (8.23) 
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Off-Center FOV In many applications, the region of interest (e.g., the 
shoulder) cannot be positioned at or near the gradient isocenter. To center 
the object in the FOV along the frequency-encoded direction, the frequency- 
encoding gradient waveform does not need to be redesigned. Instead, to offset 
the FOV by Sx in the readout direction, the RF receiver frequency is offset 
by Svoc: 

Sv oc = L. g x Sx (8.24) 

2jt 

This approach is analogous to adjusting the transmitter frequency for an off- 
center slice or modulating the receiver phase to achieve off-center FOV in the 
phase-encoded direction. 

Time-Varying Readout Gradient Although the readout gradient is typi- 
cally held constant during data acquisition, time- varying gradients can also be 
used during readout. Examples of time- varying readout gradient can be found 
in spiral scans (Section 17.6), echo planar imaging with sinusoidal gradients 
(Section 16.1), sampling during the gradient ramps (Section 16.1), twisted pro- 
jection imaging (Boada et al. 1997), and concentric circular sampling (Zhou 
et al. 1998). With a time-varying readout gradient, the k-space sampling often 
becomes nonuniform. Data resampling is typically required prior to image 
reconstruction using fast Fourier transforms. Time- varying readout gradi- 
ents and data resampling are discussed in more detail in Sections 16.1, 17.6, 
and 13.2. 
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8.2 Phase-Encoding Gradients 

Spatial localization in MR usually employs both phase and frequency 
encoding. With frequency encoding, the precession frequency of the magnet- 
ization is spatially varied across the object in a linear relation with position by 
applying a gradient lobe during the data readout, as described in Section 8.1. 
The idea behind phase encoding is to also create a linear spatial variation of 
the phase of the magnetization, as shown in Figure 8.8. (The phase is the 
angle made by the transverse magnetization vector with respect to some fixed 
axis in the transverse plane). Phase encoding is implemented by applying a 
gradient lobe while the magnetization is in the transverse plane (Figure 8.9), 
but before the readout. By varying the area under the phase encoding gradient 
lobe, different amounts of the linear phase variation are introduced. The resul- 
tant signals can be reconstructed with Fourier transforms to recover spatial 
information about the object. Phase encoding is used with Cartesian k-space 
sampling (Section 1 1 .2) and is typically used to spatially encode information 
orthogonal to the frequency-encoded direction. 

Phase encoding is also sometimes called Fourier encoding. 3D volume 
acquisitions use phase or Fourier encoding in the slice direction, sometimes 
called slice encoding or secondary phase encoding to distinguish it from the 
primary phase-encoded direction. In principle, there is no difference between 
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FIGURE 8.8 The object is divided into 16 pixels. The arrows represent ti 
magnetization at the center of each pixel, (a) At the end of the RF excitation pulse, 
the transverse magnetization has the same phase (direction) in each pixel, (b) After a 
phase-encoding gradient is applied, the phase of the transverse magnetization varies at 
each location along the phase-encoded din 
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FIGURE 8.9 A phase-encoding gradient lobe in (a) a spin-echo pulse sequence and 
(b) a gradient-echo pulse sequence. For the spin-echo pulse sequence, the gradient lobe 
can occur either before or after the RF refocusing pulse. 

the phase encoding applied in the two directions. In this section, phase encoding 
for 2D acquisitions is discussed. More information about the two-axis phase 
encoding used in 3D volume acquisitions is found in Section 1 1 .6. In some 
applications, such as some spectroscopic imaging (or chemical-shift imaging) 
techniques (Brown, Kincaid, Ugurbil 1982), spatial localization is achieved 
without frequency encoding, and only phase encoding is used. Non-Cartesian 
k-space trajectories, such as spirals (Section 17.6), do not use phase encoding, 
except sometimes in the slice direction for 3D scans. 

8.2.1 Mathematical Description 

Despite the fact the phase and frequency encoding both introduce a spa- 
tially varying linear phase, they can be analyzed independently from one 
another. Therefore, in the following analysis we ignore the frequency-encoded 
direction and consider an object that varies only in one direction. For this analy- 
sis we use the convention that the object's effective magnetization includes 
the B\ receive-field weighting, relaxation effects, and diffusion weighting. 
During the application of the phase-encoding gradient lobe, the nuclear spin 
precession frequency varies linearly in the direction of the gradient. For a 
v phase-encoding gradient G y , the angular frequency of precession in the 
Bq rotating reference frame (Section 1 .2) is: 

a) = Y G y y (8.25) 

The phase <f> (in radians) of the transverse magnetization at the end of the 
phase-encoding pulse is: 



4>(y) = yy / G y {t')dt' = 2nk y y 
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where the G y lobe has duration T, and k-space location k y is defined as in 
Section 1 1 .2. The signal detected is the vector sum of the magnetization of all 
the nuclear spins in the object. It is conventional to combine the two spatial 
components of the magnetization that are perpendicular to the static field into 
a complex number (see Section 1.2). The effective magnetization becomes 
M_i_ = M x + iM y . The signal is then the phase-sensitive or complex sum of 
the magnetization of all the spins. For a one-dimensional object, the k-space 
signal S{k y ) is: 

;8.27) 



S{k y )= f M ± (y)e~ i ' l ' (y) dy 



Approximating the integral in Eq. (8.27) a 
gives: 



a discrete sum and using Eq. (8.26) 



S(k y ) = Y, Mx(nAy)e- 



(8.28) 



where y — nAy, and Ay and N are the pixel size and number of pixels, respect- 
ively. Repeating the phase encoding N times for N different values of G y 
produces N different sets of phase-encoding twists, ork y values (Figure 8.10). 
This provides sufficient information for M±(n Ay) to be reconstructed. 
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FIGURE 8.10 A gradient-echo pulse sequence with four phase-encoding steps. Each 
step corresponds to one of the four phase-encoding lobes (dotted lines), with the arrow 
indicating the view order for a sequential acquisition. Each phase-encoding step is 
associated with a separate k-space line and imparts a different twist in magnetization 
phase across the object in the y direction. 
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For N phase-encoding lines, the area covered in k- space is (N — l)Ak y , 
where Ak y is the k-space phase-encoding step size (Figure 8.10). Usually an 
even number of phase-encoding lines are used and the locations are usually 
chosen to straddle the k y = location. For TV phase-encoding steps that are 
acquired sequentially starting at the top edge of k-space: 

k y (m)=ky tl0ia -mMy m=0, 1.....AT-1 (8.29) 

where £ y ,max is the starting (top edge) phase-encoding location (Figure 8.10) 
given by: 

The resulting phase-encoding k-space locations are: 

k y (m) = ( ^— - - m) Ak y (8.31) 

The signal is: 



S(m) = £ MAnAy)e- 27zi{n ^ )i(N - l) l 2 - m) ^ 



To satisfy the Nyquist criterion, and as explained in Section 1 . 1 , the phas 
encoding step size Ak Y must be chosen so that: 



where L v — NAyis the y FOV. Equation (8.33) also implies that the maximum 
k-space sampling extent is related to image pixel size by: 



1 



(8.34) 



Using Eq. (8.33), Eq. (8.32) becomes: 

N-\ 

S(m) = J2 M ± (nAy)e- nin{ ' 



[N-D/N -2nin 



The factor e -*>»W-i)/N in Eq ^^5) can be thought of as simply part of the 
phase of M± and can be ignored when a magnitude image is reconstructed. 
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(The factor must be accounted for when complex images are reconstructed.) 
An image representing the resulting effective magnetization can be recovered 
from the discrete inverse Fourier transform (Section 1 . 1 ) of the k-space phase- 
encoded data: 






The factor e -™(N-\)lN in Eq (8 36) can be rewritten as e -mn(N-i)/N = 
(— 1 ) n e~ nin l N . The factor (— 1 )" toggles the sign of every pixel. For the visuali- 
zation of real, imaginary, or phase images, this factor is usually removed after 
the image is reconstructed. The remaining phase factor e - 7Tl "/ N m Eq. (8.36) 
is usually ignored because it only puts a small phase slope across the image. 
If the phase-encoding step size is chosen so that it is larger than in 
Eq. (8.33), aliasing will occur, in which replicates of the object overlap or 
wrap around in the phase-encoded direction of the image (Figure 8.1 1). Some 
aliasing is tolerable if anatomy of interest is not obscured. Note that aliasing is 
removed in the frequency-encoding direction using the anti-aliasing bandpass 
filter in the receiver (Section 11.1). This is not possible for phase encoding. 

8.2.2 Implementation 

The phase-encoding gradient may occur any time after the RF excita- 
tion pulse and before the readout. For spin-echo pulse sequences, it may be 
placed either before or after the refocusing pulse. The advantage of placing 
the phase-encoding gradient after the refocusing pulse is a decrease in oblique 
flow displacement artifacts (Section 10.4). The disadvantage is that the FID 
coming from the nonideal refocusing pulse (i.e., flip angle ^ 180°), as well 
as any stimulated echoes, are also phase-encoded. This may result in image 
artifacts that are more difficult to remove than if the FID and stimulated echoes 
were not phase-encoded. The phase-encoding gradient waveform can overlap 
other gradient lobes such as the slice-selection rephasing, crusher, and readout 
dephasing lobes. In contrast, the frequency-encoding gradient cannot overlap 
with any other gradient lobes during the readout. Many pulse sequences such 
as true FISP (Section 1 4. 1 ) or RARE (Section 1 6.4) rewind the phase-encoding 
gradient after the readout (Figure 8.12) to rephase the transverse magnetiza- 
tion and make it more consistent between phase-encoding steps. In doing so, 
certain signal loss can be avoided and artifacts can be minimized. 

For practical implementation, the phase-encoding gradient lobe usually 
has the same shape and time duration for each phase-encoding step and the 
amplitude is scaled to give the desired k y . This method, called spin- warp 
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Field of view L v 




FIGURE 8.11 Discrete Fourier sampling causes the object to replicate in the phase- 
encoded direction. In (a) the phase-encoding steps are close enough that in the image 
(b) the replicates do not overlap and no aliasing occurs. In (c) the phase-encoding 
steps are further apart and in the image (d) the replicates do overlap and aliasing or 
wraparound artifacts result. 



imaging (Edelstein et al. 1980) is different from earlier MRI pulse sequences 
(Kumar et al. 1975) that used constant amplitude but unequal time duration 
for the phase-encoding gradients in order to vary k y . By keeping the phase- 
encoding lobe duration fixed, the spin-warp method keeps TE fixed for all 
phase-encoding steps, which has the advantage of providing the same T2 decay 
and off-resonant phase accumulation. The lobe shape is typically chosen to be 
a trapezoid, although other choices such as one-half of a sine-wave cycle have 
also been used. 

Pulse sequences that collect a single Cartesian line of k-space for each 
excitation typically collect the k y lines starting at one edge of k-space and 
moving continuously to the other edge (sometimes called a sequential or 
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FIGURE 8.12 A gradient-echo pulse sequence that uses a phase-encode rewinding 
gradient. For each phase-encoding step, the rewinding gradient area is the negative of 
the phase-encoding gradient area. Therefore they are stepped in opposite directions 
(arrows). 

top-down method). Echo train pulse sequences that collect multiple k y lines for 
each excitation, such as echo planar imaging (EPI), (Section 16.1) or RARE 
(Section 16.4), may collect the lines in a different order. Phase-encoding orders 
that first acquire the central lines of k-space are called centric (Holsinger and 
Riederer 1990). Those view orders that start acquisition from the k-space 
edge and end at the central k-space lines are called reverse-centric. A more 
detailed discussion on phase-encoding orders for 2D imaging can be found 
in Section 11.5. In 3D acquisitions, the view orders for both phase-encoding 
axes are sometimes sorted to start at the center of the k y — k z plane and then 
to move radially outward based on the distance to the center of k-space (the 
elliptical centric view order, Section 11.6). 

The area under the largest phase-encoding lobe A ymax can be calculated 
from: 

^ y , max = *3, iIMX (8.37) 

Using Eqs. (8.30), (8.33), and (8.37) gives: 

tt ( m _ n 

(8.38) 



yh y 

To minimize TR, the phase-encoding lobes are made as short as possible. 
The phase-encoding steps at the edges of k-space therefore use the maximum 
gradient amplitude and maximum slew rate. 

In full Fourier encoding, lines are collected symmetrically around the 
k y = line (Figure 8.13). In partial Fourier encoding, one-half of k-space 
is fully filled and the other half is only partially filled. The missing data are 
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FIGURE 8.13 (a) Full Fourier encoding with 1 6 lines collected in k-space. (b) Partial 
Fourier encoding with 10 lines collected in k-space. Each line of k-space corresponds 
to a frequency-encoded readout. 



either replaced with zeros or restored using an algorithm based on Hermitian 
conjugate symmetry or some other consistency criterion (Section 13.4). The 
number of phase-encoding steps does not have to be a power of two, but it 
is typically an even number. If a power of two is not used, the uncollected 
k-space lines can be symmetrically zero-filled on both sides of k-space so 
that the Fourier transform size is a power of two, enabling the use of FFTs 
(Section 13.1). 

In 2D imaging, k-space is usually sampled so that the FOV is the same 
in both directions; that is, M x = Ak y . If the object extent is smaller in one 
direction (e.g., it has an oval shape), the total acquisition time can be reduced by 
selecting the phase-encoding direction along the smaller extent and increasing 
Ak y to reduce the phase-encoding FOV. The frequency-encoding FOV and the 
spatial resolution determined by the maximal extent in k-space are also held 
fixed in both directions. This is sometimes called rectangular or fractional 
field of view. Because the image SNR is proportional to the voxel volume and 
the square root of the imaging time, fractional FOV carries an SNR penalty. 
For example, the SNR in a 3/4 FOV image is VO?75 = 86.6% of the full FOV 
value. 

In many applications, the region of interest (e.g., the shoulder) cannot be 
positioned at or near the gradient isocenter. In this case, an off-center FOV is 
required. According to the shift theorem for Fourier transforms (Section 1.1), 
to shift the image in the FOV along the phase-encoded direction, a linear phase 
ramp is applied to the data prior to the Fourier transform. The phase can be 
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added at a variety of stages during the imaging processing, including the RF 
carrier during excitation or demodulation, or during the reconstruction prior 
to the Fourier transform in the phase-encoded direction. If the required FOV 
offset is Sy in the phase-encoded direction, Eq. (8.36) is modified according 
to the shift theorem: 

\M ± (Sy + nAy)\ = I A £ S(m)e 2 ^" + ^^ N \ 

= \-y IsWe 2 *""*" 1 '] e 2 * im "l N \ (8.39) 

\ N to V J I 

From Eq. (8.39), the applied phase increment to achieve an off-center FOV is 
2nSy/L y per phase-encoding step. Note that Sy need not be an integer multiple 
of the pixel dimension. 

Example 8.2 An MRI scanner has a maximal gradient amplitude of 22 mT/m 
and a slew rate of 120T/m/s. A 256 2 image is acquired with a FOV of 24 cm 
and 256 phase-encoding steps. If a trapezoidal phase-encoding pulse is used, 
calculate the gradient waveform parameters (amplitudes and time durations) 
for each phase-encoding step, assuming a sequential phase-encoding order. 

Answer To simplify the implementation, the same ramp and plateau widths 
will be used for each encoding step. From Eq. (8.38), Ay >max > hr (see 
Section 7.1), so for the maximal phase-encoding step, an amplitude of ±h = 
±22 mT/m will be used. The ramp time is therefore equal to r: 

2.2 x IP- 2 T/m 4 

120T/m/s 
The k y location for phase-encoding step n is: 



k y (n) = ^f Gy{n, t')dt' = ^G y (n) (r + r plate au) 



(8.41) 



where 7pi ate au is the plateau time for the phase-encoding lobe and G y (n) is the 
plateau amplitude for step n (n = 0, . . . , 255). Also, according to Eq. (8.31): 

k y (n) = (127.5 ~n)Ak y (8.42) 

where the phase-encoding step size is: 

**' = £ = sb-"' <8 - 43) 
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For the maximal phase-encoding step (n = 0), Eq. (8.42) gives: 

127 5 , 
MO) = 127.5 x Ak y = — '- m" 1 (8.44) 

Also for the maximal phase-encoding step, G v (0) = 22mT/m. The plateau 
time is then found using Eqs. (8.41) with Eq. (8.44): 

-^^m" 1 = (42.57 MHz/T)(2.2 x l(T 2 Tym)(1.83 x 10" 4 s + r p i at eau) 

(8.45) 

^plateau = 3.84 x 10" 4 = 384 |XS. 
The phase-encoding gradient step size is found from: 

A* v = ^AG y (r + 7p lateau ) 

171 (8.46) 

AG, = 1.73 x 10" 4 T/m = 0.173 mT/m 
Alternatively AG V can be found by using: 
AG y = [G v (0) - G v (255)]/255 

= [22 mT/m - (-22 mT/m)) /255 = 0. 173 mT/m 
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8.3 Slice Selection Gradients 

8.3.1 Qualitative Description 

Spatially selective RF pulses are used for many purposes in MR imag- 
ing, including excitation, refocusing, inversion, and spatial presaturation of 
magnetization. Each of these applications requires a slice-selection gradient 
(Wood and Wehrli 1999, 5-6; Lauterbur et al. 1975; Mansfield et al. 1976; 
Hoult 1977) to achieve the desired spatial localization. (In imaging, slices are 
perhaps more properly called sections, or partitions, but the term slice is in 
common use, especially in conjunction with the selection gradient.) The slice- 
selection gradient is typically a constant gradient that is played concurrently 
with the selective RF pulse (Figure 8.14). (An exception is the gradient for 
a variable-rate RF pulse, which is not constant and which is described in 
Section 2.4.) Typically the slice-selection gradient is straddled by ramps to 
form a slice-selection lobe. If the RF pulse performs excitation, then a slice- 
rephasing lobe usually follows the slice-selection gradient. 

Modulating the RF envelope with a predetermined shape, such as the SINC 
waveform shown in Figure 8.14 generates a selective RF pulse. This process 
is described in more detail in Sections 2.2 and 3.1. The RF bandwidth A/ 
(expressed in hertz) is a measure of the range of frequencies contained in the 
RF pulse. The slice-selection gradient translates the band of frequencies into 
the desired band of locations, corresponding to the slice (see Figure 4.12). As 




FIGURE 8.14 The slice-selection gradient (boldline) is a constant gradient played 
concurrently with a selective RF pulse. The amplitude of the slice-selection gradient, 
G z , and RF pulse bandwidth determine the slice thickness. 
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FIGURE 8.15 Plot of Larmor frequency versus position along the direction of the 
slice-selection gradient. The slope of each of the two lines represents the strength of a 
slice-selection gradient (G z j and G^). For any given bandwidth A/ of the RF pulse, 
the stronger gradient produces a thinner slice Azi- 



shown on Figure 8.15 increasing the amplitude of the slice-selection gradient 
decreases the thickness of the slice for a fixed RF bandwidth. 

Any of the three orthogonal gradients (or a vector combination of the 
gradients) can be used for slice selection. The gradient direction determines 
the normal, or line perpendicular to the plane of the slice. For example, in 
a horizontal cylindrical bore magnet, using the Z physical gradient for slice 
selection produces an axial slice. In order to produce a slice oriented in any 
arbitrary oblique direction, a linear combination of the three physical gradients 
is applied simultaneously. 

Usually the desired slice plane does not pass through the point where all 
three gradient coils produce zero magnetic fields (i.e., the isocenter of the 
gradients), which typically is the same point as the isocenter of the magnet. In 
this case, the desired slice offset 8z is obtained by shifting the carrier frequency 
of the RF by an amount 8f, as shown in Figure 8.16. The required amount of 
frequency shift is proportional to the desired offset (e.g., in centimeters) and 
the amplitude of the slice-selection gradient. 



8.3.2 Mathematical Description 

The Larmor frequency of precession is related to the net magnetic 
field B by: 
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Position 



FIGURE 8.16 In order to offset the center of a slice by a distance Sz from gradient 
isocenter, the RF carrier frequency is offset by an amount Sf from the Larmor fre- 
quency. The two shaded triangles are similar, which is the origin of the proportionality 
relationship in Eq. (8.54). 



Denoting the slice-selection gradient by the vector G s the Larmor frequency 
can be expressed in terms of the vector dot product: 



' = £( 



(8.48) 



where Bq is the main magnetic field, and r is a displacement vector from the 
gradient isocenter, that is, r = (0, 0, 0), to location (X, Y, Z) in a physical 
coordinate system (see Section 7.3). If the RF carrier frequency is set to the 
Larmor frequency at gradient isocenter, then the Bq term in Eq. (8.48) vanishes 
in the rotating reference frame (Section 1.2): 



/rot = / ' 



yBp 

2n 



yG s -> 

2n 



(8.49) 



The displacement vector can be decomposed into the two components that a 
parallel and perpendicular to the slice direction: 



Because G s ■ r± = 0, Eq. (8.49) becomes: 
/rot = / - 



yBo = yG s ■ r\\ 
'lit 2tc ' 

If the RF pulse contains a bandwidth of frequencies A/, then: 



A/rot = A/ : 



&■ 



Ari, 



(8.51) 
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From Eq. (8.52), only displacement along the direction of the slice-selection 
gradient affects the resonant frequency. Therefore, the normal of the selected 
slice is parallel to the slice-selection gradient. Denoting the magnitude of the 
slice-selection gradient by G z and the slice thickness by Az, from Eq. (8.52), 
we can readily obtain: 

A 2 =^ (8.53) 

(Recall that we use lowercase z to denote the slice direction, while uppercase Z 
denotes the physical Z axis. The two axes correspond only if an axial slice 
is prescribed, again assuming a horizontal cylindrical-bore magnet.) Equa- 
tion (8.53) is a mathematical description of the situation depicted graphically 
in Figure 8.15: For a fixed RF bandwidth, thinner slices can be obtained by 
increasing the strength of the slice-selection gradient. 

If the desired slice passes through the gradient isocenter, the RF carrier 
frequency is set to the nominal Larmor frequency of a set of spins (i.e., the 
precession frequency without any slice-selection gradient). For a more general 
slice that does not pass through the gradient isocenter, the RF carrier frequency 
must be changed. To determine the proper carrier frequency offset for those 
slices, we can set up a proportionality relationship between the sides of similar 
triangles shown in Figure 8.16, which yields: 

ii-V (8 . 5 4) 

Az A/ 

From Eqs. (8.53) and (8.54), to offset the slice by a distance Sz from the 
gradient isocenter the carrier frequency is adjusted by the amount: 

8f= Y -^ (8.55) 

Sz = ^ (8.56) 

yG z 

Equation (8.56) has several interesting consequences. If the slice-selection 
gradient is not spatially uniform, the offset Sz will also vary and the selected 
slice will not be planar. Instead, a potato-chip-shaped slice can result. This 
effect often occurs for large values of Sz due to gradient nonlinearity and also 
whenever local gradient fields induced by magnetic-susceptibility variations 
perturb the slice- selection gradient. Also, if the system of spins contains multi- 
ple Larmor frequencies, selected slices for each component will be offset from 
one another. A common example is the chemical shift in the slice direction 
experienced by off-resonance spins in lipids (see Example 8.5.) 
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Example 8.3 Suppose the RF bandwidth is 1 .0 kHz, and a 3-mm-thick slice 
is desired. What gradient amplitude should be used for the slice selection? 

Answer From Eq. (8.53): 

2?rA/ 1.0x10 3 Hz 



= 7.83mT/m 



yAz 42.57 x 10 6 Hz/T (0.003 m) " 
We note that gradient amplitude of — 7.83mT/m can be used as well, with 
the consequence that any nonzero carrier frequency offsets Sf must also be 
negated, according to Eq. (8.55). 

Example 8.4 The slice prescribed in Example 8.3 is oblique and includes the 
three points: 

n = (11.1, 3.2, 4.7 cm) 

r 2 = (13.1,2.0,4.7 cm) 

h = (9.1, 2.0, 6.2 cm) 

What is the slice-selection gradient vector? 

Answer The direction of the slice-selection gradient vector is perpendicular 
to any vector that lies within the plane of the slice. Such in-plane vectors 
can be found by pairwise subtraction of the displacement vectors stated in the 
example. Therefore the desired slice-selection gradient vector can be calculated 
from the cross product: 

: i)x(r 2 -r 3 ) 

^ — ^ — 4^-r = (2.373, 3.955, 6.328 mT/m) 
nvi~,'i) x (r 2 -r 3 )|| 

(8.57) 

The overall sign of the vector is determined by the choice of the sign of the 
offset frequency Sf. 

Example 8.5 At 1.5 T, water resonates approximately / cs = 210 Hz higher 
than lipids (i.e., fat). If the amplitude of the slice-selection gradient is 
+11 mT/m, what is the slice-selection offset caused by chemical shift? 

Answer Setting Sf = f cs in Eq. (8.56), the offset due to chemical shift is: 
2xfcs 210 Hz 

8Z = 7^7 = 42.57 xl06Hz/T (11 mT/m) = °- 45mm 
If the slice-selection gradient takes a negative value instead (i.e., — 1 1 mT/m), 
then the offset due to chemical shift will reverse its sign; that is, the shift 
will be in the opposite direction. Plots such as Figure 8.15 are very useful for 
determining the direction of the shift. 
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FIGURE 8.17 After the application of a spatially selective excitation pulse, there is 
phase dispersion of the transverse magnetization across the slice profile (a). This leads 
to signal loss. The slice-rephasing gradient lobe can restore the signal by re-aligning 
the phases of the transverse magnetization (b). 

8.3.3 Slice-Rephasing Gradient 

The slice-selection gradient typically results in some phase dispersion of 
transverse magnetization across the slice (Figure 8.17). The exact nature of 
the dispersion is determined by the phase properties of its spatial response, 
which in turn depends on the shape of the RF excitation pulse. For example, 
when a linear phase RF excitation pulse is used in conjunction with a constant 
slice-selection gradient, the resultant slice is linearly phase modulated across 
the slice. 

A slice-refocusing or -rephasing lobe is associated with the slice-selection 
gradient of an excitation pulse (Hutchinson et al. 1978). The slice-rephasing 
gradient lobe has opposite polarity compared to the slice-selection gradient and 
is used to compensate for the phase dispersion caused by the slice-selection 
gradient. Without the slice-rephasing gradient lobe, there is intravoxel phase 
dispersion across the slice and signal loss results, as if a spoiler gradient 
(Section 10.5) were present. In fact, the slice-selection gradient after the 
isodelay point of an excitation RF pulse functions as a spoiler gradient. The 
gradient area of the slice-rephasing lobe is calculated based on the isodelay 
Afi value of the excitation pulse, as described in more detail in Section 3.1 
and illustrated in Figure 3.4. 

Example 8.6 Estimate the phase dispersion across an excited slice in terms 
of the isodelay parameter and the RF bandwidth. Assume that the transverse 
magnetization is created at the isodelay point and undergoes dephasing until 
the end of the RF pulse. 

Answer At a location z along the slice, the selection gradient introduces 
phase dispersion: 

<P(z) = yG z zAti (8.58) 
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G z (combined) 



FIGURE 8. 1 8 A slice-rephasing lobe (thin arrow) is used to compensate for the phase 
dispersion introduced by a slice-selection gradient. The gradient area of the lobe is 
calculated as described in Section 3.1. For some RF spin-echo pulse sequences, the 
slice-rephasing lobe can be combined with the left element of the crusher pair to form 
a combined lobe (hollow arrow). 



The total phase dispersion across the slice is therefore proportional to the slice 
thickness: 

A<p = yG : A Z A/i (8.59) 

Eliminating the slice thickness from Eq. (8.59) with Eq. (8.53) produces: 

A<j> = In Af A/! (8.60) 

Equation (8.60) states that the phase dispersion (in cycles) across the slice is 
approximately given by the product of the RF bandwidth and the isodelay. 

Spatially selective refocusing pulses (Section 3.3) generally do not require 
rephasing lobes. This is because the phase accumulated during the first half of 
the pulse is cancelled during the second half. This also explains why refocusing 
pulses are invariably symmetric, that is, why their isodelay point is located 
halfway through the pulse. 

For RF spin-echo pulse sequences, sometimes the slice-rephasing gradient 
lobe for the excitation pulse is combined with the left element of the crusher pair 
(Figure 8. 1 8) so that the net gradient area between the excitation and refocusing 
pulses is preserved. Combining the two lobes has several potential advantages 
including reduced minimum TE, acoustic noise, gradient heating, and eddy 
currents. The pulse programmer should be cognizant, however, that the com- 
bination can increase the net first-gradient moment of the entire waveform 
because of the moment arm between the slice-selection gradient and the right 
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element of the crusher pair. The increased first moment can increase signal loss 
due to intravoxel dephasing for spins flowing perpendicular to the slice plane. 
Another problem with combined gradient waveforms is that the effect of con- 
comitant magnetic field can be exacerbated because the uncombined crushers 
cancel their self-squared concomitant field, provided that the crushers are sym- 
metrical about a refocusing pulse. This effect is described in more detail in 
Section 10.1. 
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9. 1 Diffusion- Weighting Gradients 

Although magnetic field gradients are primarily used for spatial encoding, 
they can also be used for other purposes, such as the preparation of magneti- 
zation to produce MRI signals with specified contrast. One such application 
is diffusion imaging in which a diffusion-weighting gradient is incorporated 
into a pulse sequence to sensitize MRI signals to molecular diffusion within 
tissues. 

A diffusion- weighting gradient typically consists of two lobes with equal 
area. In pulse sequences based on spin echoes, the two lobes have the same 
polarity and are placed at either side of a refocusing RF pulse (Figure 9.1a). 
In gradient-echo-based sequences, however, the two lobes must have opposite 
polarity and are often concatenated (Figure 9.1b). The diffusion-weighting 
gradient is sometimes referred to as a bipolar gradient (or Stejskal-Tanner 
gradient; Stejskal and Tanner 1965), even though it is unipolar in the spin- 
echo case, as shown in Figure 9.1a. Waveforms with more than two lobes 
can also be used as diffusion-weighting gradients, as long as they follow the 
guidelines given in this section. The amplitude of the diffusion-weighting 
gradient is typically the maximum allowed by the system, and its pulse width 
is considerably longer than that of most imaging gradients. 
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first lobe second lobe 



FIGURE 9. 1 Examples of diffusion-weighting gradient waveforms used in a (a) spin- 
echo pulse sequence and (b) gradient-echo pulse sequence. 



When a diffusion- weighting gradient is included in a pulse sequence, water 
diffusion (i.e., random or Brownian motion of water molecules) can cause an 
attenuation in proton MRI signals. The degree of attenuation depends on the 
dimensionless product of the diffusion coefficient D (in millimeters squared 
per second) and a quantity known as the b-factor or b-value (in seconds per 
millimeter squared). The b-factor is determined by the diffusion-weighting 
gradient waveform and can be adjusted in the pulse sequence. Increasing the 
diffusion gradient amplitude, the separation of its lobes, or the pulse width 
of each lobe results in a higher b-value. The b- value is analogous to TE in a 
^-weighted pulse sequence; the extent of diffusion-weighing increases with 
b just as the degree of 72-weighting increases with TE. 



9. 1. 1 Quantitative Description 

Effects of Diffusion-Weighting Gradient on Spins A gradient G can alter 
the Larmor resonant frequency of a spin isochromat in the transverse plane. A 
change in the resonant frequency Aco accumulates a phase <p over time t: 



4>= J Atodt' = y I G(t') ■ r(t')dt' 



where y is the gyromagnetic ratio, and r is the location of the spins. For 
coherent motion, the spatial displacement r (t) can be expanded with respect to 
t in a Taylor series, which yields terms that are linearly proportional to velocity, 
acceleration, and so on. This forms the basis of phase-contrast angiography 
(Section 15.2). If the spins within a voxel are moving randomly due to molecu- 
lar diffusion, then the phases accumulated by different spins within the voxel 
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will cause signal cancellation. The resultant MRI signal S is exponentially 
related to the variance of a Gaussian phase distribution, «p 2 >, which is equal 
to the product bD: 

S = S e- <(l>2> = S e' bD (9.2) 

where So is the signal intensity in the absence of diffusion. Any imaging 
gradients contribute to the b-factor in Eq. (9.2) and hence to the diffusion- 
induced signal attenuation. The degree of attenuation from imaging gradients 
is usually small, however, except for acquisitions with very small FOV or thin 
slices. To increase the sensitivity to diffusion, a dedicated diffusion-weighting 
gradient must be applied. 

Diffusion-Weighting Gradient Waveforms Diffusion-weighting gradient 
waveforms can be designed according to the following guidelines: 

1. In a spin-echo pulse sequence (e.g., conventional spin echo, spin-echo 
EPI, and RARE or fast spin echo), the net area of the diffusion- 
weighting gradient waveform before a refocusing RF pulse must be 
equal to the net area after the refocusing pulse. 

2. In a gradient-echo pulse sequence (e.g., conventional gradient echo 
and gradient-echo EPI), the net area of the entire diffusion gradient 
waveform must be zero. 

These rules are mathematically expressed as: 

frefocus TE 

j G d (t)dt= J G d (t)dt (9.3) 

for spin echo sequences, and 

TE 

/ GAOdt = (9.4) 



for gradient-echo sequences, where t ex , f re focus> and TE are the times at the 
center (or isodelay center) of the excitation pulse, refocusing pulse, and echo, 
respectively. Any gradient lobe shape (e.g., trapezoid, triangle, and half-sine) 
can be used to construct a diffusion-weighting gradient waveform, as long 
as the requirement in Eq. (9.3) or Eq. (9.4) is met. The trapezoidal shape 
is widely used due to its time efficiency. The diffusion-weighting gradient 
lobes can also be combined with other gradient waveforms, such as a crusher 
gradient, to reduce the minimum TE of the sequence. 
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FIGURE 9.2 Gradient waveform for Example 9. 1 . The slice-selection gradient and 
the diffusion-weighting gradient are individually shown. The combined waveform is 
also illustrated. The gradient lobe to be calculated is indicated by dashed lines. 

Example 9.1 A trapezoidal diffusion-weighting gradient lobe that will be 
placed on the slice-selection axis is combined with a slice-refocusing gradi- 
ent lobe in a gradient-echo pulse sequence to minimize the echo time. The 
two lobes both have positive polarity (Figure 9.2). The refocusing gradi- 
ent area is 10 ms • mT/m. The combined gradient lobe (Figure 9.2) has 
the following parameters: ramp width = 2 ms, plateau width = 5 ms, and 
amplitude = 30 mT/m. If the slew rate (S R ) of the system is 150T/m/s 
and the maximal gradient amplitude (h) is 40 mT/m, design the negative 
diffusion-gradient lobe (dashed lines in Figure 9.2) that has the shortest 
width. 

Answer The area of the combined gradient lobe is A com = (2 + 5) x 30 = 
210 ms ■ mT/m. The area attributed to the positive diffusion lobe is A pos = 
210 — 10 = 200 ms • mT/m. According to Eq. (9.4), the area of the negative 
lobe must be A neg — —200 ms • mT/m. Because the absolute value of the area 
is greater than h 2 /S R = 40 2 /150 % 10.7 ms • mT/m, the most time-efficient 
gradient lobe should be a trapezoid with gradient amplitude, ramp time, and 
plateau width given by (see Section 7.1): 

G d = -h = -40 mT/m 
7 ramp = h/Sn = 40/150 = 0.267 ms 
plateau = |^ne g | /h- T mmp = 200/40 - 0.267 = 4.733 ms 
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b-Value The b-value is related to an arbitrary gradient waveform G(t') 
by the following equations: 



^f\l 



k(t) = 



When the gradient waveform is played along a single axis, Eqs. (9.5) and (9.6) 
can be simplified to: 



7/< 



Equations (9.5), (9.6), and (9.7) are used to calculate the fr-value for any 
gradient waveform in the pulse sequence. The details on how to carry out 
the integral can be found in Le Bihan (1995, chap. 5). The ^-values for sev- 
eral common diffusion-weighting gradient waveforms are given in Figures 9.3 
and 9.4. 

Example 9.2 A pair of rectangular (i.e., trapezoidal lobes where the ramp 
time is negligible compared to the plateau duration) gradient lobes are used 




b=f& [<5 2 (A-5/3) + C 3 /30-5C 2 /6] 
■n- 2 y 2 G 2 d 2 (A-S/4) 
y 2 &i 2 {h-dl3) 



FIGURE 9.3 Commonly used diffusion-gradient waveforms in spin-echo pulse 
sequences and their corresponding ^-values. Note that the expression for fe-value from 
trapezoidal gradient lobes reduces to the value for the rectangular lobes if the ramp 
duration goes to 0. (The 8 in the b-value expressions should be distinguished from 
chemical shift used in other sections of the book.) 
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FIGURE 9.4 Commonly used diffusion-gradient waveforms in gradient-echo pulse 
sequences and their corresponding fc-values. Note that the expression for the fr-value 
from trapezoidal gradient lobes reduces to the value for the rectangular lobes if the 
ramp duration goes to 0. 

as diffusion-weighting gradients in a spin-echo sequence. The lobes both have 
an amplitude of 25 mT/m and are separated by 50 ms. To achieve a 6-value of 
1000 s/mm 2 , what is the width of each gradient lobe? 

Answer According to Figure 9.3, the b-value for rectangular gradient lobes 
in a spin-echo pulse sequence is given by: 

b = y 2 G 2 8 2 (A - 8/3) (9.8) 

Substituting b = 1000 s/mm 2 , A = 50 ms, y/2n = 42.57 kHz/mT, and 
G = 25 mT/m into Eq. (9.8) and solving the cubic equation with respect to 
the gradient lobe width 8, we obtain a single physically meaningful solution, 
8 = 22.99 ms. 



9.1.2 Practical Considerations 

The b-value used in most diffusion imaging sequences is on the order of 
1000 s/mm 2 . To achieve this b-value, the diffusion-weighting gradient lobe 
is typically several tens of milliseconds in length (see Example 9.2), which 
inevitably leads to a rather long TE. This, in turn, reduces the SNR and intro- 
duces unwanted T 2 contrast in the diffusion-weighted image (the T 2 effect 
in diffusion-weighted imaging is also called Ti shine-through). To minimize 
TE, the maximum gradient amplitude available on the MRI scanner is usu- 
ally employed for diffusion imaging. Although using the maximum gradient 
slew rate can also reduce the TE value, the improvement is usually much less 
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than employing the maximum gradient amplitude because the plateau dur- 
ation typically greatly exceeds the ramp width. In addition, employing the 
maximum slew rate contributes to the overall dB/dt value, which may induce 
unwanted peripheral nerve stimulation or excessive eddy currents. For these 
reasons, maximum slew rate is often not used in diffusion-weighting gradients, 
especially for imaging human subjects. 

The large diffusion-weighting gradient amplitude can induce substantial 
eddy currents even in a system with good eddy-current compensations. The 
eddy currents can lead to a number of image-quality problems in certain dif- 
fusion pulse sequences. For example, geometric distortion can be observed 
in diffusion-weighted EPI pulse sequences. An effective way to address this 
problem is to break the diffusion-weighting gradient waveform into multiple 
lobes so that eddy currents produced by different lobes can partially cancel 
one another using two refocusing pulses. This approach is further discussed 
in Section 17.2 and in Reese et al. (2003). Alternatively, the imaging gradient 
waveforms can be preadjusted to offset the eddy-current magnetic field (Zhou 
etal. 1997). 

The diffusion-weighting gradient can also produce nonnegligible 
concomitant magnetic fields (Bernstein et al. 1998). If the diffusion gradient 
lobes before and after a refocusing pulse are identical, their phase accumu- 
lation from the concomitant field is completely canceled in spin-echo pulse 
sequences. In gradient-echo sequences, however, the phase accumulation 
from the concomitant field cannot be easily cancelled, which results in image 
artifacts, especially with a large b- value. 
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9.2 Flow-Encoding Gradients 

A flow-encoding (FE) or flow-sensitizing gradient is a waveform that 
encodes information about macroscopic flow or coherent motion into the phase 
of the MR signal. We consider this class of motion-sensitizing gradient wave- 
forms separately from the diffusion-weighting gradient (Section 9. 1 ), which 
encodes information about incoherent (or random) motion into the magnitude 
of the MR signal. With FE gradients, each of the three logical axes (readout, 
phase encoding, and slice selection) is treated independently. Therefore FE 
gradients can be added to a single axis, to any two, or to all three axes during 
a given pulse sequence. 

FE gradients can encode information about velocity, acceleration, or 
higher derivatives of motion. The most common FE gradient is a bipolar 
velocity-encoding gradient (Figure 9.5a), which comprises two lobes of equal 
area and opposite polarity. Because the net area under the bipolar gradient is 0, 
it produces no net phase accumulation for stationary spins (Figure 9.5b). For 
spins moving along the direction of the gradient, however, the bipolar gradient 
produces a phase accumulation that is linearly proportional to their velocity. 
The bipolar velocity-encoding gradient is used in phase-contrast angiography 
(Section 15.2), in which both the speed and the direction of flow or motion 
along the gradient direction can be mapped. Sometimes the bipolar gradient 
is combined with other lobes in the waveform (Figure 9.6), in order to reduce 
the minimum TE of the pulse sequence. 



~^J 



/ I Net phase acc umulation 



Zero phase accumulation 

FIGURE 9.5 Bipolar velocity encoding gradient plotted versus time, (a) Two gradient 
lobes of equal area and opposite polarity form a bipolar velocity-encoding gradient, 
(b) Stationary spins acquire no net phase from the bipolar gradient, regardless of 
whether their location is x\ or X2- If, however, spins move from xi to xj during the 
bipolar gradient, a net phase is accumulated (dashed line). 
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Velocity-compensated frequency-encoding 
gradient waveform 




FIGURE 9.6 (a) Toggled bipolar gradient (dashed and dotted lines) is appended in 
front of a velocity-compensated frequency-encoding waveform (solid line), (b) The 
five-lobe waveform in (a) can be combined into three lobes, reducing the minimum 
TE. The readout lobe remains unchanged by the combination because it is determined 
by imaging parameters such as FOV, image matrix size, and receiver bandwidth. 



Stepped bipolar gradient 




FIGURE 9.7 Fourier velocity-encoding waveform. The amplitude of a bipolar 
velocity-encoding waveform is stepped or incremented analogously to a phase- 
encoding waveform in standard imaging. The later increments are shown as dotted 
lines for clarity. 



The amplitude of the bipolar gradient can be toggled as shown in 
Figure 9.6a, and described in Section 15.2 on phase-contrast angiography. 
Alternatively, in the Fourier velocity-encoding method (Moran 1 982), the amp- 
litude of the bipolar gradient is incremented (Figure 9.7), like the amplitude 
of the phase-encoding gradient in standard imaging. This concept enables 
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many other options for imaging sequences that measure combinations of 
velocity and spatial information. For example, if a Fourier- velocity-encoding 
gradient replaces the standard phase-encoding gradient, then the resulting 
images will be spatially-encoded in the readout direction, whereas the phase- 
encoded direction will provide a velocity scale for motion along the applied 
velocity-encoding gradient direction. Another possibility is to obtain a 3D 
acquisition with two spatially encoded directions and one velocity-encoded 
direction. All these imaging sequences can be considered special cases of 
a general six-dimensional data acquisition, with three spatially encoded and 
three velocity-encoded directions, as described in Moran (1982). 

As shown in Figure 9.8, a bipolar velocity-encoding waveform can be used 
as a preparation pulse (Guilfoyle et al. 1991; Korosec et al. 1993), much the 




Imaging 
sequence 



FIGURE 9.8 Velocity preparation, (a) A bipolar gradient after an RF excitation pulse 
9\ can be used to encode information about velocity into the longitudinal magnetization, 
much the same way a unipolar gradient is used for spatial tagging. The second RF pulse 
#2 stores the velocity-encoded magnetization along the axis. The subsequent spoiler 
gradient (dotted lines) dephases the residual transverse magnetization. Typical flip 
angles for 6\ and &2 are 90°. A fast sequence such as echo planar or fast gradient echo 
follows this velocity preparation module, (b) Sometimes to minimize off-resonance 
effects, a 180° refocusing pulse is played halfway between G\ and 82. 
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same way a unipolar gradient pulse is used for spatial tagging (Section 5.5). 
In this method, the amplitude of the longitudinal magnetization is modulated 
by a function that depends on velocity. The first RF pulse 9\ tips some of 
the longitudinal magnetization into the transverse plane. The bipolar gradient 
then encodes a phase into the transverse magnetization. (The velocity-induced 
phase change is described in more detail later in this section.) The second 
RF pulse 82 then tips some of this transverse magnetization back along the 
z axis, where it becomes velocity-modulated longitudinal magnetization. Any 
residual transverse magnetization is dephased by the spoiler gradient (dot- 
ted gradient lobe in Figure 9.8). A subsequent imaging sequence that uses 
this longitudinal magnetization will be intensity-modulated by a function of 
velocity. 

Another type of FE gradient is called the cyclic or synchronous motion- 
sensitizing gradient waveform. This gradient waveform consists of a long train 
of small, concatenated bipolar elements. Although any single bipolar element 
in the train by itself produces only a miniscule phase accumulation, the net 
effect of the entire train is easily measurable. In MR elastography (Muthupillai 
et al. 1995), the train is synchronized (i.e., phase-locked with an adjustable 
delay) to the oscillation of a mechanical driver that produces shear waves in 
the object. In this way, wave motion with amplitudes on the order of hundreds 
of nanometers or less can be mapped, allowing noninvasive measurement of 
the shear modulus of the object. 

FE gradients can also encode information about higher-order time deriva- 
tives of motion into the phase of the MR signal. For example, acceleration 
encoding can be accomplished with a three-lobed velocity-compensated 
gradient waveform with alternating polarity. The amplitude of the acceleration- 
encoding waveform can be either toggled (Figure 9.9) for acceleration phase- 
contrast imaging or incremented for Fourier acceleration imaging (Tsau et al. 



FIGURE 9.9 Toggled acceleration-encoding waveform. The gradient area and first 
moment of each waveform are zero, whereas the second moment «2 changes sign 
when the waveform is toggled. 
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1997). In this section we primarily focus on velocity-encoding waveforms, 
because they are the most commonly used in pulse sequences. 



9.2.1 Qualitative Description 

The phase behavior of moving spins in the presence of bipolar FE gradient 
can be understood by plotting the accumulated phase as a function of time for 
two locations, x\ and X2, where x\ is closer to the gradient isocenter. As shown 
in Figure 9.5b, phase is accumulated at a linear rate whenever the rectangular 
gradient is active, that is, from t = to At and from t = T to T + At. The 
spins at xi accumulate phase at a faster rate because they are farther from the 
gradient isocenter. For stationary spins, the phase accumulated during the first 
lobe is exactly unwound during the second lobe, resulting in zero net phase 
accumulation. If, however, a spin moves from x\ \.oxi during the time interval 
between the lobes, a net phase accumulation is produced (dashed line). 

Next we show that the phase accumulation is linearly proportional to the 
gradient area under one of the lobes, the temporal separation of the lobes, and 
the velocity along the direction of the gradient. 



9.2.2 Quantitative Description 

Flow-Induced Phase and the Gradient First Moment In this subsec- 
tion we use the definitions and translation rules for the gradient moments 
presented in Section 10.4 to calculate the first moment of velocity-encoding 
waveforms. The moment expansion presented there states that the phase of a 
spin isochromat is given by: 



y I G(u)x(u)du 



\dt n ) 



where m n is the nth gradient moment, and xq and vq are the initial displacement 
and velocity of the spin isochromat respectively, along the direction of the 
gradient. 

Typically the flow-encoding waveform is designed so that all the moments 
that are of lower order than the desired encoding are 0. For example, the bipolar 
velocity-encoding waveform has zero gradient area; that is, mo = 0. The first 
moment of the bipolar gradient waveform in Figure 9.5a can be calculated 



directly: 
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At T+At 

nn = -Gotdt + / Gotdt 

t=0 t=T 

= ~(-At 2 + (T + At) 2 -T 2 ^ = G AtT (9.10) 

Because the total area under the bipolar waveform is 0, the value for the 
first moment in Eq. (9.10) is independent of the choice of temporal origin 
(Section 10.4). Recognizing that Go A? is equal to the area A of an individual 
gradient lobe, Eq. (9.10) becomes: 

m\=AT (9.11) 

By combining Eqs. (9.1 1) and (9.9), and selecting only the velocity term, the 
result for the phase shift depicted in Figure 9.5 



<j) = yAT v 



(9.12) 



is readily obtained. 

Although Eq. (9.11) was derived for rectangular lobe shapes starting at 
t = 0, it is a general result. This can be demonstrated by decomposing an 
arbitrary bipolar waveform into multiple pairs of rectangles with very thin 
width, as shown in Figure 9.10. The rectangles that make up any pair are also 
separated by the time T. The net first moment of the arbitrary bipolar waveform 
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FIGURE 9.10 Bipolar velocity-encoding waveform composed of gradient lobes of 
arbitrary shape. Decomposing the waveform into multiple pairs of rectangles demon- 
strates that Eq. (9. 1 1) is a general result that is valid regardless of the shape of the lobes 
that make up the bipolar waveform. 
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can be approximated by the sum of the first moments of all the pairs, which 
from Eq. (9.10) is: 



J2 m Un = J2 G n AtT = T ]T G n At 



At the limit as A? ->• the number of pairs goes to infinity, Eq. (9. 1 3) becomes 
exact, and the sum approaches the integral for the gradient area under one lobe. 
This demonstrates that Eq. (9.11) is in fact a general result, independent of 
the shape of the lobes that make up the bipolar waveform. Because the total 
area under the arbitrary bipolar waveform is also 0, the value in Eq. (9.1 1) is 
independent of the choice of temporal origin. Also note that the sign of mi 
will always match the sign of the gradient lobe that is played last. Thus, when 
the bipolar waveform is toggled, as in phase-contrast angiography, the sign of 
the first moment is negated. 

Aliasing Velocity VENC A toggled bipolar velocity-encoding waveform 
is often characterized by its aliasing velocity parameter, sometimes denoted by 
VENC (for velocity encoding). By definition, when the velocity component 
along the gradient direction is equal to ±VENC, the resulting phase difference 
is ±n. The value ±n is used in the definition because it is the unaliased 
dynamic range of the phase difference reconstruction (Section 13.5). If the 
change in the first moment of the bipolar velocity gradient (when toggling the 
gradient waveform) is Am \ , then: 

VENC = — - — (9.14) 

K |Aw,| 

For quantitative flow analysis (i.e., measurement of flow in milliliters per 
minute), VENC is usually selected to be slightly higher (e.g., 30%) than the 
expected peak vessel velocity to avoid flow-related aliasing. This restriction 
can be relaxed if a postprocessing unwrapping algorithm is available. More 
details about selecting the value of VENC can be found in Section 15.2. 

Example 9.3 Suppose the toggled bipolar gradient shown in Figure 9.6a is 
composed of gradient lobes, each of which has area A = 6.0 ms • mT/m. The 
lobe width is 3 ms. What is the aliasing velocity in centimeters per second? 

Answer Because the lobes in Figure 9.6a are adjacent, the interlobe delay 
time T is equal to the lobe width, 3 ms. From Eq. (9.1 1), the first moment of 
the dotted bipolar waveform is: 

m, = AT = 3ms x 6.0ms- mT/m = 1.8 x 10 _8 s 2 T/m (9.15) 
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The change in the first moment when the bipolar gradient is toggled is: 

Ami =/»i -(-m\) = 2AT (9.16) 

which implies that: 

VENC = ~^— 
2yAT 

= ^ = 32.6 cm/s 

2 x (In x 42.57 MHz/T) x 1.8 x 10" 8 s 2 T/m ' 

Fourier Velocity Encoding With the Fourier velocity-encoding method, 
parameters analogous to pixel size and FOV for standard imaging can be 
defined. Because the discrete Fourier transform is used to reconstruct velocity- 
encoded images, the basic relationship derived in Sections 1 . 1 and 8.2 between 
k-space step size Ak v and pixel size Av still applies: 

Ak v Av = — (9.17) 

N 

where TV is the number of total data points used in the discrete Fourier trans- 
form. (The values of the pixel size Av and N are both taken before zero 
filling or other interpolation.) Because mo is equal to the gradient area in the 
moment expansion for the phase (Eq. 9.9), we can obtain spatially resolved 
velocity maps from Fourier- velocity-encoded acquisitions simply by replacing 
the phase-encoding lobe by the incremented bipolar gradient lobe of Figure 9.7. 
Moreover, quantities such as the velocity FOV and pixel size can be obtained by 
replacing the gradient area (zeroth moment) by the first moment in expressions 
derived in Section 8.2 on phase encoding (see Example 9.4). Similarly, spatial 
maps of acceleration can be obtained by using a stepped acceleration-encoding 
gradient based on a waveform such as the one in Figure 9.9. According to 
Eq. (9.9), the quantities of acceleration FOV and pixel size are obtained by 
replacing the phase-encoding area by m2/2! = mill. 

Standard spatial encoding, velocity encoding, acceleration encoding, and 
higher-order flow encoding are not mutually exclusive within a single acquisi- 
tion. The position and flow parameters can be encoded into the MRI signals 
by independently varying mo, m\,mz, . . .,m n . In practice, however, the 
acquisition time for such a multidimensional data set quickly becomes prohibi- 
tive, unless a small number of encoding steps is used (Bittoun et al. 2000). 
Thus, Fourier flow-encoded acquisitions are often limited to specific spatial 
directions and to lower-order time derivatives of motion, such as velocity. 

Example 9.4 A Fourier velocity acquisition with N = 128 increments is 
obtained. The first moment is incremented from mi >max = 5 x 10~ 7 s 2 T/m 



9.2 Flow-Encoding Gradients 289 

to — mi ?raax . What are the unaliased extent of sampled velocities (i.e., the 
velocity FOV) and the pixel size? 

Answer In analogy to the methods in Section 8.2, (e.g., Eq. 8.38): 

7T(N - 1) 



yL v 
So the velocity FOV is: 

7i (N- I) n-x (128-1) 



" (2rc x 42.57 MHz/T) x 5 x 10- 7 s 2 T/m 



(9.18) 



= 2.983 m/s 



Therefore each (uninterpolated) pixel represents a velocity bin of L v /N ■■ 
2.33 cm/s. 



Velocity-Preparation Gradient Just as Fourier velocity-encoding param- 
eters can be extracted from standard imaging relationships by analogy, the 
relationships for velocity-selective preparation (Figure 9.8) can be obtained by 
analogy to the relationships developed in Section 5.5 on tagging. In particular, 
the phase accumulation useful for analyzing spatial tags: 



*/ G «" 



mo.tag (9-19) 

can be adapted to phase for velocity preparation: 



In practice, using velocity-preparation pulses is similar to applying spatial tags. 
One difference is that a 180° pulse can be inserted in between the two velocity- 
tagging gradient lobes, in which case the gradient lobes must have the same 
polarity. The 180° pulse minimizes off-resonance effects and concomitant 
phase errors. However, to avoid artifacts introduced by B\ inhomogeneity, 
sometimes both lobes of the bipolar gradient are placed on the same side 
(Korosec et al. 1993) of the 180°, as shown on Figure 9.8b. 

A second deviation from spatial tagging is that two sets of velocity-tagged 
images are often acquired with slightly different values of the first moment 
and reconstructed with a phase difference (or complex difference) method, 
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as in phase-contrast angiography. For a sufficiently small value of Ami, the 
phase difference corresponding to Eq. (9.20) will not alias and the range of 
velocities will be represented by the gray scale rather than by tagging bands. 
Images that are velocity prepared in this manner have the same appearance 
as standard phase-contrast images. Guilfoyle et al. (1991) and Korosec et al. 
(1993) provide more details about the use of velocity-preparation pulses. 



9.2.3 Combined Velocity-Encoding Waveforms and Other 
Practical Considerations 

The most common application of FE is for velocity-encoding with 
gradient-echo pulse sequences. When the bipolar velocity-encoding gradi- 
ent is appended to a velocity-compensated slice-selection or frequency- 
encoding waveform, the resulting five lobes can be combined into three lobes 
(Figure 9.6). This combination always reduces the minimum TE and often 
reduces higher-gradient moments as well. A drawback of combining the gradi- 
ent lobes is that the phase error from the concomitant field (Section 10. 1) is not 
necessarily equal for the two toggled settings of the FE gradient, as it is for the 
simple bipolar gradient waveform of Figure 9.6a. Therefore, the phase error 
does not automatically subtract out during the phase difference reconstruction. 
Luckily, phase errors from the concomitant field can be calculated exactly and 
then removed during the phase difference reconstruction (Section 13.5). 

Design details for the combined waveform in Figure 9.6b are given in 
Bernstein et al. (1992). Given a desired amount of VENC and the correspond- 
ing Am i , there are three general design choices. They are called the one-sided, 
two-sided, and minimum-TE designs. The first moments of the combined wave- 
form for the two toggles distinguishes these three designs. For example, in 
the two-sided design, the first moment (at the peak of the echo) symmetric- 
ally straddles zero (velocity compensation) for the two toggled waveforms. 
In the one-sided method, one of the two velocity encodings is velocity- 
compensated (m i = 0), while the other waveform produces the desired Am i . 
In the minimum-TE design, the most compact waveform is used, irrespective 
of where the individual first moments lie. Although all three designs can work 
well in phase-contrast angiography, the choice among them is often determined 
by how the accompanying magnitude images are reconstructed. If a magnitude 
image is reconstructed from a single data set, the one-sided method is desirable 
because a velocity-compensated data set will have the least severe flow arti- 
facts. If, however, two data sets are averaged to produce the magnitude image, 
then the two-sided method is a good choice because the flow artifacts of the two 
sets will be comparable. The minimum-TE design should be used when mini- 
mizing the pulse sequence TE and TR is the overriding consideration. Another 



9.2 Flow-Encoding Gradients 291 

benefit of the minimum TE design is that higher-order gradient moments are 
often reduced. 

Adding FE to the incremented phase-encoding waveform presents differ- 
ent design challenges compared to the frequency-encoding and slice-selection 
waveforms. The bipolar gradient is usually not combined with the stepped 
phase-encoding waveform. One popular method, however, is to place the 
phase-encoding gradient lobe in between the two FE lobes. This increases 
the moment arm T of the bipolar gradient, which, according to Eq. (9. 1 1 ), 
allows a net reduction in gradient area A (with m \ and VENC fixed) and hence 
a decrease in minimum TE. 
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Correction Gradients 



10.1 Concomitant-Field Correction Gradients 

Any magnetic field can be decomposed into its three orthogonal 
components B x , B y , and B z . Each of these components can in turn exhibit 
spatial dependence along the three Cartesian axes, x, y, and z. 1 The linear 
gradients G x , G y , and G z employed in MRI create spatial variations of B z 
along the x, y, and z axes, respectively. When a linear gradient is applied 
(e.g., G x , which creates variation of B z with respect to x), other gradients 
(e.g., variation of B x with respect to z) are unavoidably produced as a result of 
the Maxwell equations. (The equations are named after James Clerk Maxwell 
(1831-1879), a Scottish physicist and mathematician.) These other gradients 
are generated concurrently with the applied gradient and produce magnetic 
field components perpendicular to B z , causing the net magnetic field vector 
to deviate from the direction of the applied B field (i.e., along the z axis). 
They also cause the amplitude of the magnetic field to exhibit higher-order 
spatial dependence, such as x 2 and y 2 . The magnetic field corresponding to 
the higher-order terms is known as a concomitant magnetic field, or simply 
concomitant field, and the higher-order spatial terms are referred to as concom- 
itant field-terms or Maxwell terms (Norris and Hutchinson 1990; Wiesskoff 
et al. 1993; Bernstein et al. 1998). 

The strength of the concomitant magnetic field is proportional to the 
square of the intentionally applied gradient and inversely proportional to the 
main magnetic field Bq. As such, the concomitant field can be negligible 

Note that in this section we denote the physical axis coordinates with lower case letters to make 
the symbols more easily readable. 
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at high field strength (e.g., 3.0 T) especially when a moderate gradient is 
used (e.g., 20mT/m). At lower fields or with stronger gradients, however, 
the concomitant field can be substantial (e.g., MOppm). The concomitant 
magnetic field represents a fundamental physics effect that is not related to 
imperfections in the hardware design and manufacture. Unlike eddy currents 
(discussed in Section 10.3), concomitant fields occur only when a gradient is 
active and disappear immediately when the gradient waveform returns to zero 
amplitude. Thus, there is no time constant associated with the concomitant 
fields. Also unlike eddy currents, the concomitant field at a specified spatial 
location can be exactly calculated for a given gradient waveform, without the 
need for measurement or calibration. 

Because of the concomitant field, the transverse magnetization of a spin 
system accumulates an extra phase that is both spatially and temporally 
dependent. This is known as the concomitant-field phase or Maxwell phase 
(Bernstein et al. 1998). The concomitant-field phase, if not corrected, can 
cause a number of image artifacts, including geometric distortion, image shift, 
ghosting, intensity loss, blurring, and shading (Bernstein et al. 1998; Zhou, 
Du, et al. 1998; Zhou, Tan, et al. 1998; King et al. 1999; Du et al. 2002). 
Techniques to remove the concomitant-field phase include phase correction 
during image reconstruction (Bernstein et al. 1998; King et al. 1999; Du 
et al. 2002), hardware compensation (Classen- Vujcic et al. 1995), and alter- 
ation of the gradient waveforms in the pulse sequence. A discussion of a 
phase correction method during image reconstruction is given in Section 13.5. 
Approaches based on alteration of the pulse sequence are the focus of this 
section. 



10. 1 . 1 Mathematical Description of Concomitant 
Magnetic Field 

According to the Maxwell equations, a magnetic field B must satisfy the 
following two conditions (Jackson 1975): 



— V x B = £ — + J (curl equation) (10.2) 

where V is the derivative operator (i.e., V = xd/dx+yd/dy + zd/dz), E is the 
electric field, J is the current density, and ixq and eo are the permeability and 
permittivity of free space, respectively. (Equation 10.2 assumes that the current 
source is embedded in a vacuum.) The first term on the right of Eq. (10.2) is 
usually called the displacement current density. If the displacement and real 
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current densities are negligible, then Eq. (10.2) reduces to: 

V x B = (10.3) 

Equations (10.1) and (10.3) can then be expanded into four scalar equations: 

dB x dB y 8B 



dy dz 

dB X __ dBy 

dy dx 

dB y _dB z 

~Jz""dy~ 
dB z _ 8B X 
dx dz 



= 



(10.4) 
(10.5) 
(10.6) 
(10.7) 



where B x , B y , and B z are the components of B along the three orthogonal axes 
x, y, and z, respectively. Equations (10.4)-( 10.7) contain a total of nine partial 
derivatives, among which only five are independent. Three of the independent 
partial derivatives are the intentionally applied linear gradients: ^ = G x , 
-jf = G y , and -^ = G z . The remaining two independent variables can be 
selected as a dimensionless parameter a: 



m 



and a transverse gradient term: 



(10.8) 



(10.9) 



With these five independent variables, the partial derivatives in Eqs. 
(10.4)-(10.7) can be expressed as: 
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10. 1 Concomitant-Field Correction Gradients 



Consider a Bo field applied along the z axis and three linear gradients G x , G y , 
and G z . The net magnetic field vector is given by: 



(10.11) 



If we neglect higher-order terms, the three magnetic field components B x , B y , 
and B z are given by: 
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Equation (10.12) has two important implications. First, because the transverse 
fields B x and B y are not necessarily 0, the net magnetic field is no longer 
aligned along the z axis, even when Bq, G x , G v , and G z are all applied 
in the z-axis direction. Second, the amplitude of the overall magnetic field 
is not simply given by B = B + G x x + G y y + G z z. Instead, it must be 
calculated with: 

B(x, y, z) = ^JB} + B) + B\ (10.13) 

If we perform a Taylor series expansion of Eq. ( 1 0. 1 3), as detailed in Bernstein 
et al. (1998), we find that B(x, y, z) not only has its nominal zeroth- and first- 
order spatial dependence, but also shows higher-order spatial components. The 
result of the Taylor expansion to the second order is given by: 

B = Bo + G x x + G y y + G z z 

+ W i( a2G * + Gi ) xl + ( U - a)lG ' + Gi ) y2 + ( G ' + G ?) z2 ] 
+ — [~G L G z xy + (G L G X -(a- \)G y G z ) yz 

+ (G ± G y -aG x G z )xz] (10.14) 
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For cylindrical gradient coils used in MRI, G± ~ and a % 0.5. Thus, 
Eq. (10.14) can be simplified to: 



h + G x x + G y y + G z . 
1 

~1B Q 



\^f {x 2 + y 2 ) + (G 2 X + G))z 2 - G x G z xz - G y G z yz 



= Bq + G-? + B c 

where G = xG x + yG y + zG z , r = xx + yy + zz, and B c is the concomitant 
field that corresponds to the term in the bracket. Note that as long as Bq is 
positive, the concomitant field B c is a nonnegative quantity (i.e., it can be 
factored): 



2B Q 



[(«-¥)'*(<*-¥)> 



It should be emphasized that the spatial variables x, y, and z in Eq. (10.15) are 
the physical, magnet coordinates. For example, z refers to the direction of the 
main magnetic field, which is not necessarily the same as the slice-selection 
axis. Thus, the concomitant field generated by the gradient waveforms in 
a pulse sequence depends not only on the choice of the slice, phase, and 
frequency directions, but also on the magnet geometry (i.e., standard horizontal 
cylindrical bore versus vertical-field open system). 

The spatially quadratic and hyperbolic terms in Eqs. ( 1 0. 1 4) and ( 10. 1 5), as 
well as other higher-order terms not shown, are the concomitant-field terms. 
The concomitant field exhibiting x 2 , y 2 , or z 2 dependence has been called 
on-axis terms or self-squared terms, whereas the hyperbolic spatial terms 
(i.e., xz and yz) are called cross terms (Bernstein et al. 1998). Unlike self- 
squared terms, in order for a cross term to be nonzero, the waveforms of two 
applied gradients must be simultaneously active. As qualitatively described 
at the beginning of the section and mathematically shown in Eq. (10.14), 
all concomitant-field terms increase with gradient strength and spatial offset 
from the gradient isocenter and decrease with the static Bq field. An example 
demonstrating these relationships is given next. 

Example 10.1 At a distance of z = 20 cm from the gradient isocenter, cal- 
culate the z 2 concomitant-field term (in parts per million) produced by a G x 
gradient of 40mT/m at B = 1.5 T. Repeat the calculation for cases when 
(a) the gradient is reduced to 10 mT/m and (b) the main magnetic field is 
decreased to 0.7 T. 
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Answer With a G x gradient of 40 mT/m, the z 2 concomitant-field term is 
calculated using Eq. (10.15): 

G 2 x z 2 (40 x 10~ 3 x 0.2) 2 s 

-*- = — — - = 2.13 x 10" 5 T = 14.2 ppm (at 1.5 T) 

Zdq ZXlj 

(a) If the gradient is reduced to 10 mT/m, then: 

G 2 z 2 (10 x 10" 3 x 0.2) 2 fi 

-j— = — — = 1 .33 x 10" 6 T = 0.889 ppm (at 1 .5 T) 

(b) If the main magnetic field is decreased to 0.7 T, then: 

Glz 2 (40 x 10" 3 x 0.2) 2 , 

-±- = ^-^ = 4.57 x 10" 5 T = 65.3 ppm (at 0.7 T) 

2«0 2x0./ 

Like all other perturbations in the magnetic field, concomitant field B c 
causes transverse magnetization to accrue an additional phase over time. This 
phase (i.e., the concomitant phase or Maxwell phase) is given by: 

4> c = y J B c (G x ,G y ,G z ,x,y,z)dt' (10.17) 



Example 10.2 A trapezoidal gradient lobe G z (t) is applied to a spin system 
along the z direction at 1.5 T The gradient amplitude is Go, and the ramp time 
and plateau duration are 8 and A, respectively. At the end of the gradient lobe, 
what is the concomitant phase for a point whose coordinates are (x, y, z) with 
respect to the gradient isocenter? 

Answer The concomitant field produced by G z is: 

r2j 



■^V + /> 



The corresponding concomitant phase can be calculated from Eq. (10.17): 

25+A 



/ 



G 2 (t) , , yG 2 ( 2\ , , 



When the concomitant phase <p c is accounted for, the two-dimensional 
MR signal becomes: 



■Jh 



"''*= dxdy 
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As implied by Eq. (10.17), <j> c depends on the amplitude of B c , which 
is determined by the details of the pulse sequence. Unless the concomitant- 
field phase in Eq. (10.18) is negligible, it becomes a source of image artifacts, 
including intensity loss, shading, image shift, distortion, and ghosting. 

10.1.2 Concomitant-Field Correction Gradient 

To produce artifact-free images, the concomitant-field phase error must 
be eliminated or reduced to a negligible level. In this subsection, we present 
several strategies to cancel or substantially reduce the phase errors by altering 
existing gradient lobes or adding new gradient lobes to the gradient waveforms. 
The following discussion is largely based on Zhou, Tan, et al. (1998). 



Waveform Symmetrization If two identical gradient waveforms straddle a 
refocusing RF pulse (Figure 10.1), then the concomitant-field phases produced 
by the two waveforms are equal. Since a refocusing RF pulse negates the phase 
of an NMR signal, the net phase error after the second gradient waveform 
is zero. Thus, as long as the gradient waveforms are symmetrical before and 
after a refocusing RF pulse, the concomitant-field phase error is always nulled. 
This simple strategy has been referred to as waveform symmetrization (Zhou, 
Tan, et al. 1998). Examples of waveform symmetrization include diffusion- 
weighting gradients in a spin-echo pulse sequence, crusher gradients placed 
symmetrically around a refocusing pulse, and the slice-selection gradient that 
is played concurrently with a symmetric refocusing RF pulse. 



Phase Subtraction Related to the concept of waveform symmetrization 
is concomitant-field cancellation using phase subtraction. In phase difference 
imaging, often the gradient lobes that make up the waveforms used to acquire 



FIGURE 10.1 An example of waveform symmetrization. The gradient lobes G\{t) 
and G2(t) are identical and are placed on either side of a refocusing RF pulse. 
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the two sets of data are either identical or toggled (i.e., negated). The concom- 
itant phase from any two identical lobes in a pair of pulse sequences will cancel 
during the phase difference reconstruction. The concomitant phase resulting 
from self-squared terms will also subtract out for lobes that are negated, but this 
is not necessarily true for a concomitant phase resulting from the cross terms. 
A more general procedure to correct phase-contrast images for the concomitant 
phase error is given in Bernstein et al. (1998). 

Examples of two acquisitions employing identical gradient waveforms 
include phase-sensitive temperature imaging and Bo-held mapping sequences 
that use two different TEs (Figure 10.2). However, when the two data sets 
used for a phase difference calculation are acquired within a single excitation 
(e.g., sequences employing multiple RF spin echoes), the concomitant-field 
phase is generally not cancelled. This is partially why Bo-field mapping pulse 
sequences usually acquire two separated data sets rather than the more time- 
efficient method of using two echoes from a single acquisition. Examples 
of gradient waveforms with toggled gradient lobes can be found in pulse 
sequences used to measure eddy currents (Jehenson et al. 1990) and in phase- 
contrast angiography, provided that the bipolar flow-sensitizing gradient is not 
combined with any other imaging gradients. 



acquisition ^ Gradient 



adient j \ 



V G a (f) G b (f) 

FIGURE 10.2 An example of phase subtraction employing two acquisitions with 
identical gradient lobes, differing only by a temporal shift. The TEs of the two acquisi- 
tions are different, but the concomitant phase arising from the gradient lobes G- d (t) 
and Gt,(0 is cancelled during the phase difference calculation. G a (J) and Gt,(t) can 
be any gradient lobes in the pulse sequence. 
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Refocusing pulse 




FIGURE 10.3 An example of waveform reshaping. The gradient lobe G a (/) can be 
adjusted or reshaped to cancel the concomitant phase introduced by Gb(0- Similar to 
waveform symmetrization, the phase cancellation relies on the phase reversal effect of 
a refocusing RF pulse. The dotted lines indicate the gradient lobe after reshaping. 



Waveform Reshaping Unlike waveform symmetrization, which often 
occurs inherently in a pulse sequence without requiring conscious design, 
waveform reshaping, as the name implies, requires modification of the existing 
gradient lobes or waveforms to null the concomitant-field phases. This strategy 
is usually employed in conjunction with a refocusing RF pulse. 

Consider the gradient waveform shown in Figure 10.3. If the lobe after the 
refocusing RF pulse represents a frequency-encoding gradient, then imaging 
considerations such as the prescribed FOV and receiver bandwidth determine 
the amplitude of the second gradient lobe Gb- With the amplitude of the second 
lobe fixed, waveform symmetrization may be impossible because of constraints 
such as the balancing of gradient area and minimization of TE. If the area of 
the gradient lobe G a , for example, must be one-half of the total area of the lobe 
Gb, as in the case for a full echo readout prephasing gradient, then the shape 
of G a can be adjusted to simultaneously satisfy the following two conditions: 

I G a {t)dt= f G b (t')dt' (10.19) 

o o 

[ G 2 a {t)dt= f G\{t')dt' (10.20) 



where x a is the full duration of the lobe G a and Xb is the half duration of lobe Gb- 
Equation (10.20), together with the phase-reversal effect of the refocusing RF 
pulse, ensures that the self-squared concomitant phase is canceled at the center 
of Gb- Although we have used gradient area as a constraint to demonstrate the 
concept, other constraints can also be incorporated in the reshaping technique 
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as long as enough freedom is present in the gradient waveform design so that 
Eq. (10.20) can be satisfied. 

Waveform reshaping often involves solving quadratic or cubic equations. 
An example of solving a quadratic equation is given in Example 10.3; examples 
of solving cubic equations can be found in Zhou, Tan, et al. (1998). 

Example 10.3 Assume that the gradient lobes G a and Gb in Figure 10.3 all 
have the same ramp time 8. If the amplitude of Gb is fixed at Go and half the 
duration of the plateau is A, calculate the amplitude g and the plateau duration 
T of lobe G a based on waveform reshaping criteria given by Eqs. (10.19) 
and (10.20). 

Answer Substituting the gradient lobe parameters into Eqs. (10.19) and 
(10.20) and carrying out the integration, we obtain: 



g(T + 8) = G (A + 8/2) 

,' (r + §,) = <* (a + i«) 



Combining these equations to eliminate the unknown T yields a quadratic 
equation with respect to g: 



The solutions for the quadratic equation a 



3(2A + 8)± V36A 2 - 12A<5 - IS 2 
8 = 48 G ° 

If both solutions are real and positive, then the sequence designer has the 
flexibility to choose either the smaller value of g to minimize the gradient 
heating, acoustic noise, and eddy currents or the larger value of g to reduce 
the sequence time. If only one solution makes physical sense, that solution 
is chosen as the reshaped gradient amplitude. If neither solution is real and 
positive, then the gradient lobe cannot be re-shaped to completely null the 
concomitant phase. However, some value of g always can be chosen that 
minimizes the phase, as discussed in Zhou, Tan et al. (1998). Once the value 
of g is specified, the plateau duration T can be calculated from: 
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Quadratic Nulling When a gradient is applied on only one side of a 
refocusing RF pulse (G c in Figure 10.4), such as a phase-encoding gradient, 
its self-squared phase can be canceled by introducing an additional gradient 
waveform Gd on the other side of the RF pulse, provided that the new waveform 
satisfies the following conditions: 



id 

/ 



G d (t)dt = 



j G\{t')dt' = f G 2 c (t)dt (10.22) 

o o 

where r c and Td are the waveform durations for G c and Gd, respectively. This 
strategy has been referred to as quadratic nulling (Zhou, Tan, et al. 1998). 

There are many waveforms that satisfy Eqs. (10.21) and (10.22). The 
simplest one is a bipolar gradient waveform shown in Figure 10.4a. Alterna- 
tively, a gradient waveform with three lobes whose area ratios are 1 : -2 : 1 
can also be used for quadratic nulling (Figure 10.4b). That waveform provides 
the additional benefit of velocity compensation as discussed in Section 9.2. It is 
worth noting that the quadratic nulling lobes can be applied on a different gradi- 
ent axis. For example, a z 2 phase error caused by the x gradient can be canceled 



Refocusing pulse 




FIGURE 10.4 Two examples of quadratic nulling. To cancel the concomitant phase 
introduced by a gradient lobe G c (t) (e.g., the phase-encoding gradient), another gradi- 
ent waveform G<j(/) with zero net area can be introduced on the other side of a 
refocusing pulse. The waveform Gi(t) in (a) is used to avoid net phase dispersion 
for static spins, whereas the waveform Gd(f) in (b) has the additional a 
rephasing spins moving with a constant velocity. 
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with a quadratic nulling gradient on the y gradient because both gradients con- 
tribute to the z 2 concomitant field. We refer to this approach as cross-axis 
quadratic nulling. When minimum sequence time, gradient duty cycle, or 
heating becomes a constraint, the cross-axis quadratic nulling approach can be 
employed to balance the gradient load among the coils and amplifiers. 

Gradient Derating In cases in which exact phase cancellation is diffi- 
cult to achieve, an alternative approach to reduce the concomitant-field phase 
errors is to decrease the gradient amplitude, that is, gradient derating. As 
shown in Bernstein et al. (1998, app. B), the concomitant-field phase produced 
by a trapezoidal gradient lobe is approximately proportional to the maximum 
gradient amplitude when the gradient area is held constant. Because many 
applications require the gradient area to be held constant, decreasing the gradi- 
ent amplitude often results in increased waveform duration. Thus, some limits 
must be imposed on the extent of gradient derating. Unlike the previously 
discussed strategies that are sometimes limited to self-squared terms, gradient 
derating can reduce both self-squared and cross-term phases. 

Gradient derating does not always reduce the net concomitant phase in 
a pulse sequence. For example, if a strong gradient pulse is present before a 
refocusing RF pulse, derating the gradient amplitude after the refocusing pulse 
may increase the imbalance of the concomitant-field phase, leading to a larger 
net phase error. The details of the pulse sequence must be carefully examined 
before applying the gradient derating strategy. 



Gradient Separation Another effective way to reduce, or even eliminate, 
the cross-term phase errors is to minimize the temporal overlap of gradient 
lobes on different axes (Figure 10.5). Similar to the derating strategy, some 
practical limits must be imposed to prevent prolonging the interecho spacing, 



.J\ 



FIGURE 10.5 Waveform separation. The G z gradient waveform is shifted (dotted 
lines) with respect to the G x gradient to minimize the overlap. In doing so, c< 
phase due to the G X G Z cross term can be reduced or even eliminated. 
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or the minimum TE, of the sequence. It should be noted that the strategy 
with gradient separation cannot be used for oblique scan protocols because a 
gradient waveform on one logical (i.e, imaging, or functional) axis is produced 
by multiple physical gradient axes simultaneously. 

Other Correction Techniques Under special circumstances, concomitant- 
field phase errors are reduced from a spatially quadratic (or hyperbolic) term to 
a spatially linear term or even a constant term. For example, the z 2 term 
becomes spatially constant for a slice perpendicular to the z axis, and an xz term 
reduces to a linear phase error with respect to the x coordinate. Although the 
strategies already discussed still apply under these conditions, simpler phase 
correction techniques can be used to remove or reduce the linear and con- 
stant phase errors. For example, in an echo planar pulse sequence, the linear 
phase error can be corrected by using an additional gradient lobe or changing 
the existing gradient area, and the constant phase errors can be eliminated 
by adjusting the receiver phase or frequency as shown in Zhou, Du, et al. 
(1998). 

Because the concomitant-field phase errors can be exactly calculated from 
the gradient waveforms in the pulse sequence, the errors can also be removed 
in the stage of image reconstruction, provided that the k-space signals do 
not contain multiple coherent pathways with varying concomitant-field phase 
errors (e.g., in RARE or fast-spin echo pulse sequences). Methods for phase 
correction during image reconstruction can be found in Bernstein et al. (1998), 
King et al. (1999), and Du et al. (2002). 
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10.2 Crusher Gradients 

When a pulse sequence contains nonideal refocusing RF pulses (i.e., 
flip angle ^ 180°), multiple signal pathways, including FIDs and stimulated 
echoes, can be produced in addition to spin echoes (Hennig 1988). In the 
presence of imaging gradients, these signals can carry inconsistent spatial 
information encoded in their phase, leading to errors in the acquired k-space 
data. A crusher gradient is a correction gradient that preserves the desired sig- 
nal pathways while eliminating the unwanted ones by manipulating the phase 
of the signals. 

A crusher gradient typically consists of two lobes with the same polarity, 
one immediately before a refocusing RF pulse and the other immediately after 
(Figure 10.6) (Bottomley and Edelstein 1 984). These two gradient lobes, which 
form a crusher pair, are often referred to as left and right crushers, respectively. 
Depending on the signal pathway to be selected, left and right crushers may 
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FIGURE 10.6 A crusher gradient pair (b) straddling a refocusing RF pulse (a). 
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have the same or different areas. In special cases, a single-sided crusher lobe 
(i.e., one of the crushers has zero area) can also be used. In a pulse sequence 
employing multiple refocusing RF pulses, the crusher pairs for the refocusing 
pulses can be either identical or different throughout the pulse train. A constant 
train of crusher pairs typically leads to the constructive addition of echo signals 
(i.e., spin echoes and stimulated echoes), whereas a variable crusher train can 
be used to selectively dephase (or eliminate) stimulated echoes or spin echoes. 

In principle, a crusher gradient can be applied to any logical or physical 
gradient axis. In practical implementation, however, crusher gradients along 
the slice-selection direction are most popular, for the reasons discussed later. 
A crusher gradient lobe can be combined with other gradient lobes in the pulse 
sequence, as long as the total gradient area is conserved. 

In the literature, crusher gradients are sometimes not distinguished from 
the spoiler gradients discussed in Section 10.5. Although crusher and spoiler 
gradients are both used to manipulate the phase coherence of transverse mag- 
netization, they differ from one another in several respects. For example, 
crusher gradients can either dephase or rephase a signal, whereas spoiler gradi- 
ents always dephase signals. As such, crusher gradients can select or filter a 
specific signal pathway. Spoiler gradients, on the other hand, are used to 
nonselectively eliminate all unwanted transverse magnetization. In addition, 
crusher gradients are specifically used in pulse sequences with at least one refo- 
cusing RF pulse, but spoiler gradients can be employed in any pulse sequence. 



10.2.1 Qualitative Description 

The mechanism by which a crusher gradient pair functions can be under- 
stood by analyzing their dephasing and rephasing effects on the transverse 
magnetization. To perform the analysis, we use the following principles, which 
are discussed in various sections of the book. 

1 . When the magnetization is in the transverse plane, a gradient can intro- 
duce a spatially dependent phase dispersion. The amount of the phase 
dispersion is proportional to the area of the gradient. 

2. A gradient has no effect on the longitudinal (i.e., z axis) component of 
the magnetization. 

3. A refocusing pulse negates the phase of the transverse magnetization. 

With these in mind, let us first consider a simple spin-echo pulse sequence 
with a nonideal refocusing pulse (e.g., flip angle 6 2 = 150°) straddled by a 
balanced crusher pair (i.e., the left and right crushers have the same area; 
Figure 10.7). Under these conditions, an FID signal is produced following 
the refocusing pulse, as shown in Section 3.3 and Figure 10.7. Because the 
magnetization that later produces the FID is stored along the longitudinal axis 
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FIGURE 10.7 A spin echo pulse sequence (a) with a pair of crasher gradients strad- 
dling the refocusing pulse (c). <p^ and <Pr are the phases produced by the left (Gl) and 
right crasher (Gr), respectively. The signals are shown (b) without and (d) with the 
crusher gradient. 



when the left crusher gradient is applied, the left crusher has no effect on the 
FID. The right crusher, however, produces a phase dispersion in the signal. 
The phase dispersion is proportional to the right crusher's gradient area. If the 
gradient area is sufficiently large, the right crusher gradient serves as a spoiler 
gradient (Section 10.5), resulting in the FID signal being completely dephased 
during the data acquisition window (Figure 10.7.) 

In addition to the FID, the refocusing pulse also generates an RF spin 
echo (see Section 3.3 and Figure 10.7). Because the magnetization for the 
spin-echo signal is in the transverse plane before and after the refocusing 
pulse, both crushers (Gl and Gr) affect its phase. Specifically, the left crusher 
produces a phase dispersion, which is subsequently negated by the refocusing 
pulse. The negated phase dispersion is then unwound (or rephased) by the 
right crusher. Because the left and right crushers have equal gradient areas, 
the phase dispersion introduced by the left crusher is exactly canceled by the 
right crusher. Therefore, the spin echo is formed as if there were no crusher 
gradient present. (Note that there can be a slight amplitude reduction due 
to diffusion attenuation caused by the crusher pair.) In summary, the right 
crusher is necessary to eliminate the FID signals, and the left crusher is needed 
to counteract the effect of the right crusher on the spin echo. The net effect is 
that the crusher pair preserves the spin echo while rejecting the FID. 

When more than one nonideal refocusing pulse is present in a pulse 
sequence, the signal pathway becomes increasingly complicated (see 
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FIGURE 10.8 Phase diagram (c) of a stimulated echo produced by three RF pulses 
(a) under the influence of the crusher gradients (b). The magnetization is excited by 
the first RF pulse (point 1) and dephased by the left crusher of the second RF pulse 
(ramp 2). The second RF pulse negates the phase dispersion (line 3) and restores the 
magnetization to the longitudinal axis (dashed line 4). The longitudinal magnetization 
is reexcited by the third RF pulse (point 5), and rephased by the right crusher of the third 
pulse (ramp 6). When the area of crusher A equals to that of crusher B, a stimulated 
echo is formed as if there were no crusher gradients. 



Section 16.4). For example, if another refocusing pulse is appended to the 
sequence in Figure 10.7, a stimulated echo is created. In this signal pathway 
(Figure 10.8), the magnetization is initially excited by the first RF pulse 9\ 
(point 1), restored to the longitudinal axis by the second RF pulse 02 (plat- 
eau 4), and reexcited by the third RF pulse #3 (point 5). This signal pathway 
experiences phase dispersion (represented by ramp 2) caused by the left crusher 
of the second RF pulse, phase reversal (point 3) imposed by the #2 pulse, and 
rephasing (ramp 6) by the right crusher of the third RF pulse. If the left crusher 
of the second RF pulse and the right crusher of the third RF pulse have the 
same area, then the stimulated echo is preserved because the phase returns to 
zero at the end of ramp 6. Otherwise, the stimulated echo is eliminated from 
the data-acquisition window. This becomes more apparent in the following 
quantitative description. 



10.2.2 Quantitative Description 

Crusher Gradient for a Single Refocusing Pulse Consider the crusher 
gradient pair and the refocusing RF pulse shown in Figure 10.7. When the left 
crusher gradient lobe Gx(0 is applied, the Larmor equation in the rotating 
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reference frame becomes: 



a>L(r) = yG\r 



where r is the spatial variable along the gradient direction (the time depend- 
ence of Gl is not explicitly expressed for simplicity). The spatially dependent 
frequency &>l</) results in a phase dispersion of the transverse magnetization: 



I co L (r)dt = yr / G L dt = yA L r 



where ?l and Al are the duration and the area of the left crusher lobe, respect- 
ively. Similarly, the phase dispersion created by the right crusher gradient lobe 
is given by: 



#R(r)= / o>R(r)dt = 



For a spin-echo signal, the magnetization is in the transverse plane before 
and after the refocusing pulse. Thus, the phases in Eqs. (10.24) and (10.25) 
both apply. Because the refocusing RF pulse negates the phase, the net phase 
accumulation after the crusher pair is given by <p R (r ) - </> L (r ) . If the two crusher 
lobes have equal area, the net phase is zero irrespective of r and the spin-echo 
signal is formed as usual. 

For the FID signal produced by the nonideal refocusing pulse, only 0R(r) 
applies. If </>R(r) is sufficiently large, the phase dispersion can completely 
destroy the signal coherence when averaged over an image voxel, removing 
the FID from the data-acquisition window. 

Crusher Gradient for Multiple Refocusing Pulses Consider the pulse 
sequence with three RF pulses (an excitation pulse d\ followed by two nonideal 
refocusing pulses #2 and #3) in Figure 10.9a. According to Section 16.4, the 
three-pulse combination produces three primary spin echoes, one secondary 
spin echo, one stimulated echo, and three FIDs. These signal pathways are 
graphically shown in Figure 10.9b-e and summarized in Table 10.1 where 
M z and M± represent the longitudinal and the transverse magnetization, 
respectively, and M± denotes the phase-negated transverse magnetization. For 
example, the stimulated echo pathway is denoted by M z -> M± (i.e., excited 
by the first RF pulse), M± -> Mj_ ->■ M z (i.e., phase-reversed and restored to 
the longitudinal axis by the second pulse), and M z -► M± (i.e., reexcited by 
the third pulse). 
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FIGURE 10.9 (a) A pulse sequence consisting of three RF pulses, one excitation pulse 
G\ followed by two refocusing pulses 02 and #3. The signal pathways — (b) primary 
spin echoes, (c) secondary spin echo, (d) stimulated echo, and (e) FIDs — produced by 
the sequence are summarized in Table 10.1. (f) The phase produced by each crusher 
gradient lobe surrounding the refocusing RF pulses is sequentially denoted by <j>\ , fa, 
03, and 4>4. 



Table 10.1 
Signal Pathways for a Sequence with Three RF Pulses" 



Signal Pathways 


01 


02 


#3 


Primary SE-1 


M z -+ M ± 


Mx -* Mx 


(no effect) 


Primary SE-2 


M z -> M x 


Mx-> Mx 


Mx -► Mx 


Primary SE-3 


M z -» M ± 


(no effect) 


Mx -* Mx 


Secondary SE 


(no effect) 


M, -> Mx 


M x -> M x 


Stimulated echo 


M, -> M ± 


Mx -» Mx -+ M z 


M, -> Mx 


FID-1 


M z -* Mx 


(no effect) 


(no effect) 


FID-2 


(no effect) 


M z -> Mx 


(no effect) 


FID-3 


(no effect) 


(no effect) 


M z -* Mx 



" The table shows the effect of each RF pulse on the magnetization. SE, 
spin echo; FID, free-induction decay. 
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With the aid of Table 10.1, we can illustrate how crusher gradients can 
be used to (1) eliminate the stimulated echo while preserving the first two 
primary spin echoes (SE- 1 and SE-2), (2) eliminate the primary spin echoes 
while preserving the stimulated echo, or (3) preserve both the primary spin 
echoes and the stimulated echo. In all three cases, we dephase the signals from 
FID-2 and FID-3. In general, we show that each requirement leads to a set of 
linear equations for the crusher areas. 

Case 1: Crushers to Select the Primary Echo Pathway 

We denote the phases introduced by each crusher gradient lobe surround- 
ing the refocusing pulses by fa, fa, fa, and fa, (Figure 10.9f). These phases 
can be calculated using Eq. (10.24) or (10.25). According to Table 10.1 and 
the guidelines listed in the previous subsection, the crusher phase experienced 
by the stimulated echo is: 

fate = -fa + fa (10.26) 

Equation (10.26) can be intuitively understood by recognizing that (1) the stim- 
ulated echo is excited by the first pulse and thus accumulates a phase fa from 
the first crusher lobe, (2) the second RF pulse negates the phase {fa -» -fa) 
and stores the magnetization on the longitudinal axis so that it is impervious 
to the second and third crusher lobes, and (3) the third RF pulse reexcites the 
magnetization that experiences the phase caused by the fourth crusher fa.. To 
dephase the stimulated echo, fa tt must be nonzero; that is: 

fa * fa (10.27) 

On the other hand, the phases experienced by the first two primary spin echoes 
are given by: 

fa se i = -fa+fa (10.28) 

</>pse2 = fa ~ fa ~ fa + fa (10.29) 

To preserve the primary echoes, fa se \ and pse 2 must be both zero; that is: 

\ <t){=(tn (10.30) 

fa = fa 

In order to eliminate the FIDs following the refocusing pulses, we must have: 

l* 2 * (10.31) 

\fa^0 
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01 02 03 04 

FIGURE 10.10 Examples of crusher gradient design based on the pulse sequence 
in Figure 10.9. (a) RF pulses, (b) Crushers to select only the primary spin echoes, 
(c) Crushers to select only the stimulated echo. The crusher gradient shown by the 
dashed line is optional, (d) Crushers to select both the primary spin echoes and the 
stimulated echo. In all three cases, the FIDs from the refocusing pulses are dephased. 



Equations (10.27), (10.30), and (10.31) specify a set of design conditions for 
crusher gradients that selects the first two primary spin echoes while eliminat- 
ing the stimulated echo and the FIDs. A set of crusher lobes that satisfies these 
conditions is graphically shown in Figure 10.10b. 

Case 2: Crushers to Select the Stimulated Echo Pathway 

In order to select the stimulated echo pathway while removing the 
primary spin echoes and the FIDs, the following conditions must be met: 

0ste = 0, pse l £ 0, pse 2 ^ 0, pse 3 = -01 - 02 ~ 03 + 04 ¥" 0, 02 ^ 0, 

and 04 ^ 0. Using Eqs. (10.26), (10.28) and (10.29), these conditions can be 
summarized as: 

1 =04 
1 ^02 

03 £ 04 (10.32) 

02 ^0 

04^0 

A set of crusher lobes that satisfies Eq. (10.32) is graphically shown in 
Figure 10.10c. It is worth noting that the left crusher of the third RF pulse 
is optional (dashed line), as long as 03 ^04. When 03 = 0, the third RF pulse 
has a one-sided crusher. 
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Case 3: Crushers to Select Both Primary and Stimulated Echo Pathways 

To preserve both the primary and stimulated echoes while removing the 
FIDs, we must have <£ ste = 0, (/> pse i = 0, pse 2 = 0, fa ^ 0, and fa ^ 0. 
These conditions can be summarized by: 

fa = 4>2 = fa = fa £ (10.33) 

Crushers that satisfy Eq. (10.33) are illustrated in Figure lO.lOd. They are 
widely used in pulse sequences employing multiple refocusing RF pulses, 
such as RARE or fast spin echo (Hennig 1988). 

It is interesting to note that the condition in Eq. (10.33) does not preserve 
the third primary spin echo listed in Table 10. 1 (i.e., fa se 3 = -fa -fa-fa + 
fa ^ 0). In most multiecho pulse sequences, however, an additional RF pulse 
is applied prior to the formation of the third primary spin echo. If this RF pulse 
has the same crusher pair (denoted by their phase values fa and fa) as the other 
two refocusing pulses (i.e., fa = fa = fa = fa = fa = fa), the phase for the 
third primary spin echo becomes # pse 3 = — fa — fa — fa + fa + fa + fa = 0. 
Therefore, this signal pathway is also preserved. 

As the number of refocusing pulses increases in a pulse sequence, the 
number of signal pathways grows exponentially. For example, after applying 
n RF pulses, the maximum number of the signal pathways (M ) following the 
nth pulse is: 

M = 3 " ~ 1 (10.34) 

In spite of the large number of the signal pathways, the principles described 
here are equally applicable to designing crushers to select the desired coherence 
signal pathways. 



10.2.3 Design Considerations 

Crusher gradients eliminate the unwanted signals by introducing intra- 
voxel dephasing. For a given crusher gradient area, the extent of signal 
dephasing is directly proportional to the voxel size along the crusher gradient 
direction, as implied by Eqs. (10.24) and (10.25). Although crusher gradi- 
ents can be applied along any direction, in practice they are most commonly 
employed on the slice-selection axis, primarily because an imaging voxel typi- 
cally has the largest dimension along this direction. To minimize the TE of 
a pulse sequence, the crusher lobes are often fused or bridged with the slice- 
selection gradient, as long as the area of the crusher lobe is not compromised. 
An example of bridging a crusher pair to a slice-selection gradient is given 
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crusher 



FIGURE 10.11 Crusher gradients before (b) and after (c) combination with the slice- 
selection gradient (G s ii ce ) of a refocusing RF pulse (a). 



in Figure 10.1 1. The quantitative details on how much pulse sequence time is 
saved by using a bridged gradient waveform can be found in Section 7.2. 

The proper value of the crusher gradient area is commonly determined 
empirically. It has been suggested that the minimum phase dispersion within a 
voxel should be ~ An (Hennig 1 988). An example of how to use this guideline 
for crusher gradient design is given next. 

Example 10.4 A subject is imaged on an MRI system with a maximum 
gradient amplitude h = 22mT/m and a slew rate Sr = 120mT/m/ms. The 
desired image has a FOV of 24 x 24 cm, a matrix of 256 x 256, and a slice 
thickness of 0.5 cm. If a spin-echo pulse sequence is used, design an optimally 
time-efficient crusher gradient lobe (without bridging to the slice-selection 
gradient) to eliminate the FID signal arising from a nonideal refocusing pulse. 

Answer The voxel size of the image is: 

24 cm 

Ax = A>> = = 0.094 cm 

y 256 

Az = 0.5 cm 

Because the slice-selection direction has the largest voxel dimension, the 
crusher gradient should be applied in that direction. To produce a 4n phase 
dispersion along the slice-selection direction, the crusher gradient area can be 
calculated from Eq. (10.25): 

= Afo = n = 3%mT ms/m 

yAz 2tt x 42.57 kHz/mT x 0.005 m 
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Because A R > h 2 /S R = 22 2 /120 = 4.033 inT • ms/m, according to Sec- 
tion 7.1, the most time-efficient crusher is a trapezoid with ramp time, plateau 
duration, and gradient amplitude given by: 

Tramp = h/S R = 22/120 = 0.183 ms 
gateau = A R /h- T ramp = 9.396/22 - 0.183 = 0.243 ms 
G = h = 22 mT/m 

The left crusher should be identical to the right crusher. 

As illustrated in Example 10.4, the crusher gradients can be quite large in 
many pulse sequences. As such, they can contribute to the diffusion-induced 
signal loss, eddy currents, and concomitant magnetic field. In a diffusion 
pulse sequence with crusher gradients, the contribution from the crusher pair 
to the b- value should be calculated and accounted for, if it is sufficiently large. 
Derating the crusher gradient amplitude and or the slew rate can reduce the eddy 
current problem. This approach sometimes leads to an increased minimum 
TE value or longer interecho spacing. Phase errors arising from concomitant 
magnetic fields (Section 1 0. 1 ) of crusher gradients can be nonnegligible under 
certain imaging conditions, such as large FOV, low Bq field, and high gradient 
strength. This problem can be addressed either by using identical crushers for 
each refocusing pulse or by reshaping the crusher lobes (Zhou et al. 1998). 

10.2.4 Applications 

Crusher gradients are extensively used in pulse sequences containing RF 
refocusing pulses, such as spin-echo, multiple spin-echo (i.e., Carr-Purcell- 
Meiboom-Gill pulse train), RARE (or fast spin-echo), and GRASE sequences. 
In single-echo RF spin-echo pulse sequences, the primary function of the 
crusher gradient is to prevent the FID signal from intruding into the spin echo 
(Bottomley and Edelstein 1984). This can be done as shown in Example 10.4 
and Figure 10.7. In multiple spin-echo pulse sequences, stimulated echoes are 
typically crushed out by varying the crusher gradient amplitude throughout the 
echo train (Poon and Henkelman 1992). In doing so, the acquired signals (i.e., 
the primary spin echoes) can exhibit pure Ti exponential decay as a function 
of the TE, and the images at each echo can be used to calculate a Tj map. In 
RARE, both stimulated echo and primary echo signals are commonly preserved 
in order to achieve the best SNR. This can be accomplished by using the same 
crusher amplitude throughout the echo train (Hennig 1988). Alternative crusher 
designs can also be used to select either primary (Zhou et al. 1 993) or stimulated 
echoes (Norris et al. 1992) in fast spin echo sequences. These crusher designs 
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are particularly useful in diffusion-weighted fast spin-echo pulse sequences 
(Beaulieu et al. 1993; Alsop 1997). 
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10.3 Eddy-Current Compensation 

10.3.1 Eddy Currents 

The time-varying magnetic fields from gradients in MRI pulse sequences 
induce currents in conducting structures within the magnet, gradient coils 
themselves, and RF coils. The induced currents are called eddy currents 
and create unwanted magnetic fields that are detrimental to image quality. 
With modern commercial scanners that use actively shielded gradients and 
gradient waveform preemphasis, eddy-current effects are minimal for most 
applications. Image-quality problems that have been caused by eddy currents 
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include (but are not limited to) ghosting in EPI (Fischer and Ladebeck 
1998), RARE and GRASE, slice-profile modulation with spatial-spectral 
RF pulses (Block et al. 1997; Zur 2000) geometric distortion in diffusion- 
weighted EPI (Haselgrove and Moore 1996), and quantitative velocity errors 
in phase-contrast imaging (Lingamneni et al. 1995). 

Origin of Eddy Currents The eddy currents are generated by the electric 
fields that result from changing magnetic flux (Faraday's law). They build up 
during the time- varying part of the gradient waveforms and decay during the 
constant portions. For a trapezoidal waveform, eddy currents are generated by 
the ramps and decay away at other times, as shown in Figure 10.12. The rate 
of eddy-current buildup is proportional to the gradient slew rate (i.e., the slope 
of the gradient ramp). The magnetic field produced by the eddy current always 
opposes the change in the field causing the eddy current (Lenz's law, named 
after Heinrich Friedrich Emil Lenz, 1804-1865, a Russian physicist). 

Consider a trapezoidal pulse on the physical x gradient. (As in 
Section 10. 1, we denote the physical axis coordinates with lowercase letters to 
make the equations more easily readable.) For the rising (i.e., ascending) ramp 
of the trapezoid shown in Figure 10. 12, the field change is positive for x > 0, 
resulting in an eddy-current field that is negative. The opposite happens for the 




in 



IT 



FIGURE 10. 12 (a) A trapezoidal gradient waveform G(t ) plotted versus time, (b) The 
time derivative of the waveform dG/dt. (c) Eddy-current gradient (solid line) and 
exciting field dG/dt (dashed line). An independent eddy-current gradient is generated 
by each ramp, (d) Net gradient field (solid line) and ideal trapezoidal field (dashed line). 
The eddy-current field in (c) is added to the ideal field in (a). The amplitude of the 
eddy-current gradient in (c) and the degradation in the net field in (d) are e: 
for clarity. 
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falling (i.e., descending) ramp. For a trapezoidal waveform, the net gradient 
field (ideal field plus eddy- current field) behaves as if it were passed through 
a low-pass filter, with the corners of the rising and falling ramps rounded 
off as shown in Figure 10.12. The eddy currents generated by the rising and 
falling ramps of any trapezoidal gradient lobe can be thought of as separate 
entities. Because the two eddy-current fields have opposite sign, they partially 
cancel after completion of the trapezoidal waveform. The degree of cancel- 
lation depends on the plateau length and the decay rate of the eddy current 
fields. This cancellation concept is used in some eddy-current reduction meth- 
ods (Alexander et al. 1997; Koch and Norris 2000; Wider et al. 1994). An 
important point to note is that the eddy-current amplitude after completion of 
the trapezoid is proportional to the plateau amplitude and is therefore reduced 
by using lower-amplitude gradients. 

It has been found that the time dependence of eddy currents is accurately 
modeled by an exponential function (Van Vaals and Bergman 1990; Jehenson 
et al, 1990). Using this model, eddy currents are characterized by a small 
number of time constants and coefficients that are called amplitudes. The time 
constant describes the rate of exponential buildup and decay after a gradient 
change. Eddy-current time constants on commercial scanners can range from 
a few microseconds to hundreds of seconds. 

Eddy-current spatial dependence is mainly classified into Bq eddy currents 
which are spatially constant over the imaging volume, and linear eddy currents, 
which have linear spatial variation, similar to the imaging gradient fields. 
Higher-order spatial dependence is possible but is not commonly measured or 
corrected. 

Effect on Images Because k-space location is related to the cumulat- 
ive area under the gradient waveform, linear eddy currents can shift the actual 
k-space locations relative to the ideal locations. For example, when linear eddy 
currents are present in the readout direction, the center of k-space occurs later 
in the readout than expected. Also k-space readout intervals during the plateau 
of a trapezoid are compressed because the gradient amplitude is lower than 
ideal. Similar k-space shifts can also occur along the phase-encoding and slice- 
selection directions. So eddy currents cause unwanted phase accumulation, but 
not k-space displacement like their linear counterparts. 

For some applications, the eddy-current-induced k-space shift and phase 
accumulation are benign. For example, in conventional imaging with a 
rectilinear k-space raster, a uniform k-space shift in the frequency-encoded 
direction simply results in an additional phase slope in the frequency direction 
of the image that does not affect a magnitude image. However, for sequences 
such as EPI that traverse k-space in a back-and-forth raster, the k-space shift 
and phase accumulation cause ghosting. The eddy-current k-space shifts can 
also result in compression, shearing, or displacement in the image. 
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Although these effects are tolerable in many applications, if images with 
different distortions are combined during reconstruction or postprocessing, 
as in diffusion-weighted imaging (DWI) or diffusion tensor imaging (DTI), 
significant additional artifacts can result (see Section 17.2). Applications that 
require accurate phase images, such as phase-contrast imaging (Section 15.2) 
or fio-field mapping, can also have artifacts from eddy currents. 



10.3.2 Reducing Eddy-Current Effects 

Eddy currents increase with higher gradient amplitude and faster slew 
rate. Thus, they have become a bigger problem with the advent of higher- 
performance gradients. Without effective countermeasures, eddy currents 
would render many advanced pulse sequences unusable. Eddy currents are 
dealt with in four main ways: (a) shielded gradient coils, (b) gradient wave- 
form preemphasis, (c) gradient waveform derating, and (d) application-specific 
calibrations and corrections during image acquisition or reconstruction. 



Shielded Gradient Coils The idea behind shielded gradient coils 
(Mansfield and Chapman 1986) is to use two coils, a primary inner or main coil, 
and a secondary outer or shield coil (also sometimes called a bucking coil), 
which are connected in series. For horizontal-field (cylindrical) magnets, the 
two coils are arranged on concentric cylinders. For vertical field magnets, the 
two coils are arranged on coaxial disks. The same nomenclature for the coils 
is used for both types of systems. The shield coil produces a field that opposes 
the field from the main coil. The diameters, conductor wire patterns, and cur- 
rents of the two coils are designed so that the net field outside the two coils 
(fringe field) is as close to zero as possible. Because eddy currents mainly flow 
in conducting structures outside the shield gradient coil, reducing the fringe 
field reduces eddy currents. The fields of the two coils also partially cancel 
one another within the imaging volume. More current is therefore required to 
produce the same field than for an unshielded gradient coil. This effect can 
be quantified by the gradient efficiency, which is sometimes defined as the 
product of peak gradient amplitude and slew rate. The loss in efficiency for a 
shielded configuration depends on the distance between the primary and sec- 
ondary coils and the current ratio between the two coils. Increasing the distance 
increases the efficiency. For example, for cylindrical coils, the efficiency ratio 
between a shielded and unshielded configuration can be 1 .5 or more. Shielded 
gradient coils typically reduce eddy current amplitudes by a factor of 10 to 
100 relative to the amplitudes without shielding. Shielded gradient coils are 
used in almost all commercial scanners and provide the first line of defense 
against eddy currents. 
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Waveform Preemphasis The idea underlying waveform preemphasis is to 
intentionally distort the current waveform that is input to the gradient coil, such 
that the preemphasis distortion cancels the subsequent eddy-current distortion. 
With an accurate characterization of eddy currents, waveform preemphasis 
can reduce eddy-current levels by one to two orders of magnitude. Accurate 
preemphasis requires a quantitative model of eddy currents. To simplify the 
model, spatial and temporal dependencies are usually separated. 

Eddy-Current Spatial Dependence If B e (x,t) is the z component of the 
eddy-current magnetic field that results from pulsing the gradient coils, then a 
Taylor expansion gives: 

B e (x,t) = bo(t)+x-g(t) + --- (10-35) 

The first term in Eq. (10.35) is usually called the Bo eddy current. The second 
term is called the linear eddy current. The three components of g, g x , g y , and 
g z , represent the eddy-current gradient along the three physical gradient axes 
x, y, and z, respectively. Higher-order terms are not usually considered and do 
not have standard names. Most image-quality problems can usually be traced 
to one of the two terms in Eq. (10.35). The decomposition in terms of Bo 
and linear eddy currents is useful because correction methods are sometimes 
different for the two components (see later discussion). Equation (10.35) can 
be equivalently thought of as a spherical harmonic expansion. That expansion 
differs from the Taylor series in how the second- and higher-order terms are 
grouped. 

Eddy-Current Time Dependence In a simple eddy-current model, the 
conducting structures that support the eddy currents are approximated as 
inductive-resistive (LR) circuits. Mutual inductance between the gradient coil 
and conducting structures allows current to be induced by the gradient coil. 
The resulting circuit model is shown in Figure 10.13. A straightforward ana- 
lysis of this model (Van Vaals and Bergman 1990; Jehenson et al. 1990) shows 
that the field generated by the eddy currents is given by: 

dG 
g(t) = --r®e(t) (10.36) 

dt 

where G is the desired applied gradient waveform; g(t) generically denotes 
one of the induced eddy-current terms in Eq. (10.35) with a specific spatial 
dependence; denotes convolution (see Section 1.1); and e(t) is the eddy- 
current impulse response, which is given by a sum of decaying exponentials: 

e(t) = //(/) ^a„<? _ ' /T " (10.37) 
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FIGURE 10.13 Lumped circuit model for eddy currents. The gradient coil (a) and 
each eddy-current conductor (b) are modeled as LR circuits. Eddy currents result from 
mutual inductance M* between the gradient coil and each eddy-current conductor. The 
mutual inductance allows a current i in the gradient coil to induce currents 4 in the 
eddy-current conductors. Each conductor produces a magnetic field proportional to /*. 
(Adapted from Van Vaals and Bergman 1990; Jehenson et al. 1990.) 



where H(t) is the unit step function given by: 



(10.38) 



A few terms in the summation in Eq. (10.37) (e.g., two to four) are sufficient 
to adequately characterize most eddy-current behavior. 

In principle, the constants a„ and r„ (called the amplitudes and time con- 
stants, respectively) could be calculated from the inductance and resistance 
of the equivalent circuits of Figure 10.13 if those parameters were known. In 
practice, amplitudes and time constants must be measured empirically. Eddy- 
current behavior can also be more complex than the decaying exponential 
description that results from the lumped LR circuit model. For example, oscil- 
latory behavior has been observed (Ryner et al. 1996). Such behavior could 
arise either from capacitive coupling between conducting elements or from 
mechanical vibration. 

All terms in Eq. (10.35) have a contribution of the form of Eq. (10.36) 
from eddy currents excited by each gradient coil. For example, the Bq eddy 
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bo(t) = -^ ® e 0x (t) - -~~ ® e 0v (0 - -r 1 ® <?o z (* ) (10.39) 

d? Jf dr 

whereas the x component of the linear eddy current g x is: 

gx (t) = ~ ® e xx (t) - -t 2 ® e *v(t) ~ -7 1 ® *«(0 (10.40) 

a/ a? a/ 

with similar equations for the _y and z linear components. Each of the impulse 
response functions ejj(t) is a sum of decaying exponentials as in Eq. (10.37), 
but each generally has a different set of a„ and t„. The first term in Eq. (10.40) 
is called the direct linear term because it represents an x eddy-current gradient 
caused by the applied x gradient. The second and third terms in Eq. (10.40) 
are called cross-terms and are typically much smaller than the direct terms. It 
should be noted that the B eddy-current amplitude a n can be either positive 
or negative. For unshielded gradient coils, the linear amplitudes are always 
positive due to Lenz's law, but for shielded gradient coils the linear amplitudes 
can be either positive or negative depending on whether the coil is slightly 
undershielded or overshielded (fringe field having the same or opposite sign 
as the imaging volume field). Equations (10.39) and (10.40) can also be gen- 
eralized to include eddy-current fields created by pulsing coils other than the 
gradient coils (for example, resistive shim coils with nonlinear fields). 

Eddy-current time dependence can be broadly described by long and short 
time constants. We exemplify the difference here using the linear eddy-current 
component. During the rising ramp of a trapezoid with amplitude Go, the 
applied gradient is: 

GappliedW = ^f- 0<t<r (10.41) 

where r is the ramp duration and t — corresponds to the beginning of the 
ramp. Using Eqs. (10.36) and (10.37) for a single eddy-current time constant, 
we obtain: 

g(t) = -— «r(l -e~ ,/T ) 0<t<r (10.42) 

For t » r (long time constants), the linear eddy current at the completion of 
the ramp is 

g (t = r) « -G a (10.43) 

where we have used e x % 1 + x for x <^ 1 . In this case, the strength of the 
eddy-current magnetic field depends only on Go and a and is independent of 
the ramp time, slew rate, and time constant. The eddy currents (of all spatial 
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orders: Bo, linear, etc.) created by the rising and falling ramps of a trapezoid 
always partially cancel as long as the plateau length is not much longer than 
r. The shorter the plateau in comparison to r, the better the cancellation. 
For t <£ r (short time constants) Eq. (10.42) gives: 

8(0*-^ (10.44) 

Using Eqs. (10.41) and (10.44), the net gradient during the ascending ramp is: 

G net (/) = G appIle d(?) + g(t) ~ Go(t ~ aT} = G a ppiied(? - OCX) (10.45) 

Therefore, to first order, a very short linear eddy current simply appears to 
delay the applied gradient waveform by an amount ax. 

It is almost impossible to distinguish linear eddy currents with very short r 
from gradient amplifier impulse-response effects, such as group delays, feed- 
back distortion, and waveform low-pass filtering due to the limited gradient 
amplifier bandwidth. Conversely, it is also very difficult to correct for very 
short linear eddy currents because the gradient amplifier bandwidth limits the 
correction. The first-order correction for very-short-time -constant linear eddy 
currents is to delay other waveforms such as RF pulses or the A/D converter 
window relative to the gradient waveforms. This is commonly done to center 
the echo within the A/D readout window and to avoid signal loss with spatial- 
spectral RF pulses that excite off-isocenter slices. The latter are sensitive to 
changes as small as a few microseconds in the relative RF-gradient subsys- 
tem group delays (Zur 2000). The relative group delay is usually empirically 
chosen rather than based on an eddy-current measurement. This is because the 
delay value compensates not only for eddy currents, but also for group delays 
in the gradient amplifier and in the transmit and receive electronics. 

Eddy-Current Measurement The goal of eddy-current measurement 
techniques is to specify the a„ and r„ that characterize each spatial component 
impulse response (<?o A ('), e xx (t), etc). The most common technique uses one 
or more small samples placed at different locations in the imaging volume. 
A gradient coil is pulsed to generate eddy currents, followed by a nonselective 
(hard) RF pulse to excite the small samples. The phase of the resulting FID is: 



>](?) = y / B e (x s ,t')dt' + 4> {) 



where x s is the sample location, t = occurs immediately after the RF pulse, 
and the term 4>q accounts for the phase unrelated to eddy currents. To remove 
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<Pq, an additional FID signal can be acquired by negating the polarity of the 
testing gradient that produces the eddy currents. The phase of this FID is: 



/ / B e (x s , t') dt' -\ 



The phases of the two FID signals are subtracted, resulting in a phase that is 
purely related to eddy currents 



,/«.( 



(10.48) 



The time derivative of the phase of the FID therefore gives a measurement 
of the decaying eddy currents during the FID. Typically, many consecutive 
FIDs are required to characterize the complete temporal variation of the eddy- 
current field. By either moving the samples or by using multiple samples 
simultaneously, the various spatial components of the eddy current can be 
measured and the respective amplitudes can be calculated for a series of time 
constants. 

Preemphasis Compensation 
Linear component. Once the a„ and r„ are measured, the linear spatial com- 
ponent of eddy-current fields can be compensated by adding a high-pass filter 
to the gradient amplifier input (Van Vaals and Bergman 1990; Jehenson et al. 
1990) or by modifying the digital waveform input to the gradient amplifier. In 
either case, the compensation requires adding the negative of Eq. (10.36) to the 
original waveform. A subtlety is that we must use a slightly modified set of a„ 
and x n in the correction. (The reason that the measured and correction a n and 
r„ differ is that the eddy-current compensation itself generates an additional 
eddy current.) The correction a„ and r„ can be obtained from the measured 
a n and r n analytically using the method described in Jehenson et al. (1990). 
Alternatively, a simple iterative method can be used to obtain the set of a„ and 
t„ . After a few iterations, a n and r„ will converge to the correct values. The 
convergence is fairly rapid (two to four iterations, typically) because the eddy 
currents are small compared to the desired gradient. The resulting preemphas- 
ized waveform looks like a high-pass-filtered version of the original gradient 
waveform (Figure 10.14). 

So component. The Bo component can be corrected by either using a 
Bo coil with current control that can be varied in real time or shifting the 
exciter/receiver frequency (Crozier et al. 1992) in real time. The coil current 
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FIGURE 10.14 (a) Ideal gradient waveform, (b) Preemphasized (high-pass-filtered) 
waveform. The horizontal and vertical axes represent time and gradient, respectively. 
Preemphasis is exaggerated for clarity. 

or frequency shift are both calculated using the same method as the linear 
compensation, using Eq. (10.36) with appropriate a n and r„. 

Other spatial orders. Correction for higher spatial orders such as the 
quadratic term is rarely done because it would require adding a dedicated 
coil with real-time current control that produces a field with the desired spatial 
dependence. Some commercial scanners have resistive shim coils that produce 
higher-order spatial fields, but there is seldom a control mechanism to vary the 
current for these coils in real time. Care must be taken in attempting to cor- 
rect for higher-order eddy currents (as described for example in Section 10.5) 
because in imaging pulse sequences, their effects can be easily confused with 
the effects of concomitant fields (Section 10.1). 



Gradient Waveform De- rating For gradient waveforms that require 
a fixed area instead of fixed amplitude, such as crushers (Section 10.2), 
one method for reducing eddy currents is to reduce the gradient amplitude 
(Figure 10.15). The rate of eddy current buildup is proportional to the slew 
rate. Decreasing the amplitude of the trapezoid while holding the slew rate fixed 
maintains the same buildup rate, but reduces the buildup time. This results in 
a lower eddy current after the ramp. 

Reducing the slew rate but not the amplitude is usually not as effective as 
reducing the amplitude because the buildup rate is lower but the eddy current 
has more time to build up due to the resulting longer ramp to reach the desired 
gradient amplitude. In fact, for time constants much longer than the trapezoid 
ramp time, the eddy current increases almost linearly with time. Therefore, 
the eddy current after a ramp is approximately independent of the slew rate 
because a lower slew rate is compensated by a longer buildup time for the same 
gradient amplitude (see Eq. 10.43). 

Example 10.5 A trapezoidal waveform has a plateau amplitude Go = 
50 mT/m. The ramps use a slew rate Sr — 200 T/m/s. A linear eddy current 
with t = 100 ms and a = 0.001 is excited by the ramps, (a) Calculate the eddy- 
current gradient amplitude at the end of the rising ramp, (b) Repeat the cal- 
culation using the same amplitude but a lower slew rate of Sr — 100 T/m/s. 
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FIGURE 10.15 Schematic plots showing gradient derating methods to reduce eddy 
currents, (a) Original gradient waveform and (b) resulting eddy-current gradient, 
(c) Reduced amplitude waveform and (d) resulting eddy-current gradient, (e) Reduced 
slew-rate waveform and (f) resulting eddy-current gradient. The dashed lines in (b), 
(d), and (f) represent dG/dt for the gradient waveforms in (a), (c), and (e), respectively. 
The horizontal axis represents time. 

(c) Repeat the calculation using a lower amplitude of Go = 25 mT/m and 
maintaining the slew rate of S R = 200T/m/s. 

Answer 

(a) For the first case, the ramp time is: 

._ 50mT / m _n.«_ 



200 T/m/s 



Because t » r, we can use Eq. (10.43). The eddy -current gradient 
amplitude at the end of the ramp is: 

g « -(50 mT/m)(0.001) = -0.05 mT/m 

(b) For the second case, the ramp time doubles (r = 0.5 ms), but we still 
have r » r so Eq. (10.43) still applies. Therefore g % -0.05 mT/m 
for this case as well. 

(c) For the third case, from Eq. (10.43): 

g*-(25 mT/m) (0.001) = -0.025 mT/m. 
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Application-Specific Calibrations and Corrections The combination of 
shielded gradient coils and eddy current preemphasis results in good image 
quality with almost all applications. A few applications are so sensitive to eddy 
currents that additional corrections are needed. A full discussion of application- 
specific corrections is beyond the scope of this book; we review here several 
key techniques. 

Application Dependence of Eddy-Current Artifacts Different applica- 
tions are generally sensitive to eddy currents with different time constants. 
Whereas artifacts always increase with the eddy-current amplitude a, the 
dependence on time constant r is more complicated. For any application, there 
is a range of time constants that results in maximal artifacts. Time constants 
outside this range cause lower artifact levels. Zhou (1996) shows an example 
of this time-constant sensitivity for EPI. 

Phase Contrast Velocity Correction In phase-contrast imaging, bipolar 
flow-encoding gradients create a velocity-dependent phase (see Section 15.2). 
A velocity map is calculated from the difference of the phase maps acquired 
with two different velocity-encoding waveforms. Because the eddy currents 
resulting from different velocity-encoding waveforms are usually different, 
the phase accrued by the eddy-current gradient does not subtract com- 
pletely in the phase-difference image. For example, toggling the sign of the 
velocity-encoding gradient also toggles the sign of the associated eddy-current 
gradients, making the eddy-current error additive in the phase-difference 
image. The result is that the velocity map has an error due to eddy cur- 
rents. In general the eddy-current error is spatially dependent, but the spatial 
dependence is determined by the direction of the velocity-encoding gradient. 

It has been found that the eddy-current error has slow spatial dependence 
that can be modeled by constant, linear, and quadratic variation within the 
imaging plane (Lingamneni et al. 1995). Because of the slow variation, the 
error is usually not a significant problem unless quantitative velocity calcula- 
tions are needed. Ideally the concomitant phase error is first removed in the 
phase-difference reconstruction, as described in Section 1 3.5. Then a low-order 
polynomial fit of a region of interest in the phase-difference image covering 
stationary tissue is calculated. In the absence of eddy currents, the fitted phase 
should be zero. The value of the phase is then extrapolated to the location of the 
vessel of interest and subtracted to provide more accurate velocity estimates. 

Reference Scans for Echo Train Pulse Sequences Eddy currents are one 
of the leading causes of ghosting and intensity loss in many sequences employ- 
ing echo trains, such as EPI, RARE, and GRASE. In EPI, the readout gradient 
waveform alternates polarity and the data must be time-reversed on every other 
echo prior to the Fourier transform in the phase-encoded direction. Therefore, 
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after time-reversal, the echo peak is alternately late (shifted toward +k x ) and 
early (shifted toward —k x ). The alternate shifting causes ghosting, as dis- 
cussed in Section 16.1. In RARE, although there is no need to reverse k-space 
data for every other echo, the phase-reversal effect of RF refocusing pulses 
alternates the signal phase throughout the echo train. Under ideal conditions 
in which the phase is perfectly rewound to zero prior to applying a refocusing 
pulse (Section 16.4), the phase-reversal effect is not problematic. When eddy 
currents are present, however, a nonzero net phase is produced and its sign 
is alternated by the refocusing pulses. This gives rise to ghosting in RARE. 
In GRASE (Section 16.2), a combination of the phase problems of EPI and 
RARE are present, leading to ghosting as well. Furthermore, fin eddy cur- 
rents cause a phase accumulation that varies among the various echoes of most 
echo train pulse sequences. The resulting phase inconsistency also causes 
ghosting. 

Reference scans are commonly used to address the eddy-current prob- 
lems for pulse sequences employing echo trains (Bruder et al. 1992; Zhou 
et al. 1993; Hinks et al. 1995). The reference scan usually consists of a com- 
plete scan, a single echo train, or a portion of an echo train acquired without 
phase-encoding gradients. Turning off the phase-encoding gradient waveforms 
makes each echo identical in principle (except for amplitude change due to 
T2 or 7 2 * relaxation) and allows calibration of the differences in location and 
phase between echoes. The phase-encoding gradient waveforms usually make 
a smaller contribution to the eddy currents than other waveforms because the 
maximal signal occurs when they have zero amplitude. Therefore, the refer- 
ence scan calibration captures most eddy-current differences between echoes 
in the echo train. Alternatively, instead of a separate reference scan acquisi- 
tion, two or more reference scan echoes can be included in the normal scan for 
calibration purposes (Jesmanowicz et al. 1993). For example, in EPI, one of 
the lines at or adjacent to k y = can be collected twice on consecutive echoes 
by appropriately modifying the phase-encoding lobes. More discussion on this 
topic can be found in Section 16.1. 

The resulting data can be processed in several ways to estimate the k-space 
shift and phase shift for each echo that results from the linear and B eddy cur- 
rents, respectively. A ID Fourier transform of each echo results in a projection 
of the object along the readout gradient direction. According to the Fourier shift 
theorem, the phase slope of the projection is proportional to the k-space shift. 
In addition, the intercept of the phase of the projection gives the approximate 
phase shift caused by Bq eddy currents. 

For RARE, the linear eddy-current k-space shift can be corrected by 
adjusting the readout prephasing area. The Bq eddy-current phase shift can 
be corrected by adjusting the phase of the 180° refocusing pulses. 

For EPI, the errors can be corrected during reconstruction by multiply- 
ing the data after the frequency Fourier transform in the (x,k y ) domain, by 
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appropriate phase factors determined from the calibration scan. The simplest 
correction uses one phase slope and intercept for all even echoes and a differ- 
ent set for all odd echoes. This usually removes most of the ghosting due to 
eddy currents. More elaborate corrections can also be derived from the refer- 
ence scan data including echo-specific phase slope and intercept or nonlinear 
phase corrections (Bruder et al. 1992). More elaborate methods run the risk of 
introducing additional artifacts and should be used with caution. 

DWI Distortion Correction The standard Stejskal-Tanner diffusion ima- 
ging pulse sequence uses two identical gradient lobes separated by a 180° 
RF refocusing pulse for diffusion sensitization (see Sections 9.1 and 17.2). 
The preparation period is followed by an imaging sequence, usually using 
single-shot EPI to minimize the sensitivity to bulk motion. To get the desired 
b value in the shortest TE, the diffusion lobes are played at the maximum 
gradient amplitude, resulting in large eddy currents. Each ramp of each diffu- 
sion lobe results in an eddy current. The net eddy current that persists during 
the EPI readout gives rise to geometric distortion, as further described in 
Section 17.2. 

In general, the eddy currents and resulting geometric distortion depend 
both on the diffusion gradient direction and amplitude. In diffusion tensor 
imaging, the components of the diffusion tensor are measured by repeating the 
diffusion scan using at least two different diffusion gradient amplitudes and at 
least six directions. When eddy currents are present, the individual diffusion 
images are therefore misregistered. When these images are combined, the res- 
ulting diffusion trace or diffusion anisotropy maps can have artifacts, including 
increased apparent anisotropy and blurring, especially in the periphery of the 
image. 

Several techniques for reducing DW-EPI eddy-current geometric distor- 
tion have been developed. These include image postprocessing, optimizing 
the waveform preemphasis for the diffusion pulse sequence, modifying the 
pulse sequence waveforms, k-space data corrections using reference scans, 
and replacing the unipolar diffusion lobes with bipolar lobes to obtain partial 
cancellation of eddy currents. 

Spatial-Spectral RF Pulses Spatial-spectral (SPSP) RF pulses use a 
bipolar slice-selection gradient similar to the EPI readout gradient (see 
Section 5.4). The eddy-current sensitivity of SPSP RF pulses is therefore very 
similar to EPI (Block et al. 1997; Zur 2000). In the case of SPSP excitation, 
eddy currents cause Nyquist ghosting in the temporal frequency domain, giving 
poor fat- saturation and water signal modulation with off-center slice location. 
The water signal modulation occurs because offsetting the slice away from the 
gradient isocenter requires that the instantaneous transmit frequency be shif- 
ted by an amount proportional to the slice-selection gradient amplitude. Any 
difference between the ideal and actual gradient amplitude causes artifacts in 



330 CHAPTER 10 Correction Gradients 

the form of excited signal modulation, that is, reduced signal at some slice 
locations. In fact, SPSP RF pulses can be used to develop a short eddy-current 
and group-delay calibration because of their extreme sensitivity (King and 
Ganin2001). 

Linear eddy-current effects can be eliminated by careful adjustment of the 
relative group delay between the SPSP gradient and RF waveforms. Bo eddy- 
current effects can be eliminated by appropriately modulating the transmitted 
RF waveform (Block et al. 1997). The eddy-current sensitivity can also be 
eliminated by only playing RF pulses during one polarity of the slice-selection 
gradient (Zur 2000). This, however, degrades the efficiency of the SPSP pulse, 
as discussed in Section 5.4. 
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10.4 Gradient Moment Nulling 

Gradient moment nulling (GMN) or gradient motion rephasing is the 
process of modifying a gradient waveform in order to make a pulse sequence 
more immune to image artifacts arising from motion (e.g., blood flow) (Pat- 
tany et al. 1987; Haacke and Lenz 1987; Wendt 1991). The modifications can 
include changing the amplitude, duration, shape, or number of gradient lobes 
that make up the waveform. With GMN, each of the three logical axes (readout, 
phase encoding, and slice selection) is treated independently. Therefore, GMN 
can be performed on a single axis, any two, or all three axes at once. 

GMN can reduce signal loss and ghosting image artifacts that occur when 
there is pulsatile flow or periodic motion (Wood and Henkelman 1999). GMN 
is also useful for reducing artifacts that arise from non-periodic motion, which 
can introduce a phase shift that varies in k-space. Figure 10. 16 shows a sagittal 
cervical spine image comparison, in which image with GMN (Figure 10.16b) 
displays brighter cerebral spinal fluid (CSF) and hence better cord-CSF con- 
trast. GMN can be used alone or in conjunction with physiological monitoring 
techniques such as ECG triggering (Section 12.1) to further reduce pulsatile 
artifacts. GMN can also reduce or eliminate intravoxel phase dispersion that 
occurs when there is a range of flow velocities within a single voxel (Wood 
and Henkelman 1999). Finally, when a phase-encoding waveform is moment 
nulled, the flow displacement artifact can be eliminated (Nishimura et al. 1 99 1 ). 
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FIGURE 10.16 Sagittal T2 weighted cervical spine images using a RARE (fast spin 
echo) technique, (a) Without GMN. (b) First-order gradient moment nulling (velocity 
compensation) on the readout axis (anterior-posterior). The CSF produces a more 
intense signal (arrow) when GMN is used. 

A gradient waveform can be described by its gradient moments, which 
are a series of values calculated from the gradient waveform expressed as a 
function of time. The zeroth moment is equal to the gradient area, the first 
moment is the gradient area weighted linearly with time t, the second moment 
is the gradient area weighted by t 2 , and so on. The concept of moments may 
also be familiar from its use in statistics and mechanics. For example, the 
location of the center of gravity for a physical object can be calculated by 
forming the ratio of its first to its zeroth mechanical moments. 

Gradient waveforms can be moment-nulled to various degrees or orders. 
Zeroth-order GMN ensures that static spins are properly rephased after the 
application of a gradient. It is used in virtually all pulse sequence designs. 
First-order GMN compensates for motion or flow with constant velocity 
and is sometimes called velocity compensation or simply flow compensation. 
Second-order GMN compensates both for velocity and constant acceleration 
and is sometimes called acceleration compensation. Higher-order GMN is 
defined analogously. In this section, we primarily focus on GMN of the first 
order. 

GMN beyond first order has not been commonly implemented because 
it has the drawback of increasing the minimum TE and also increasing any 
higher moments (e.g., the third and fourth) that are not deliberately nulled. 
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For example, a velocity-compensated frequency-encoding waveform can be 
constructed from a minimum of three gradient lobes, whereas acceleration- 
compensating that same waveform requires a minimum of four lobes. Because 
of the increase in the number of lobes, GMN beyond a certain order will 
invariably become counterproductive. The optimal order to which a waveform 
should be nulled depends on the specifics of the application and on the perfor- 
mance of the gradient hardware. In some applications it may not be necessary 
or desirable to null any moments (beyond the zeroth) at all. An example is 
contrast-enhanced MR angiography, in which gradient echo acquisitions with 
the shortest TR and TE are used. 



10.4.1 Qualitative Description and Binomial Waveforms 

A qualitative understanding of many common moment-nulled waveforms 
can be gained by studying the idealized example of a series of rectangular 
gradient lobes with equal widths and with areas arranged in the binomial pat- 
terns (Figure 10.17). Figure 10.17a shows a binomial pattern that has two 
equal and opposite lobes. Its gradient area (i.e., zeroth moment) is nulled. This 
pair of lobes is sometimes labeled 1 1, where the Is denote the area ratio of 
the two lobes and the bar above indicates that the second lobe is negative. 
In Figure 10.17a, the zeroth, first, and second moments are graphed versus 
time, with t = chosen to be the beginning of the waveform. The curves 
representing the moments are normalized so that the maximal absolute values 
are equal, and the moments are labeled mo, m\, and ni2, respectively. At the 
end of the 1 1 waveform, the zeroth moment is nulled, but the first and second 
moments both have residual nonzero values. Also note that near the beginning 
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FIGURE 10.17 Continued. Binomial waveforms demonstrate various orders of GMN. 
(a) The 1 1 waveform has zero net area (i.e. mo = at the end of the waveform), but its 
first and second moment are not nulled, (b) The 121 waveform demonstrates velocity 
compensation; that is, its first moment is nulled at the end of the waveform, (c) The 
1331 waveform demonstrates acceleration compensation, because both its first and 
second moments are nulled. 



of the gradient waveform, m\ and m.2 do not deviate much from zero, but that 
as time progresses they take on larger and larger values during the first (pos- 
itive) lobe and then decrease during the second (negative) lobe. The values of 
m i and mi at the end of the waveform are both negative because the later times 
are more heavily weighted. 
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Figure 10.17b shows the 121 binomial waveform. By adding a third lobe 
in this specific pattern, the waveform not only has zero net area, but also is 
velocity-compensated; that is, at the end of the waveform its zeroth and first 
moments are both nulled. The end of the rightmost lobe could correspond to 
the location in the data readout where the echo signal peaks. This example 
illustrates that a moment cannot be nulled for the entire readout, but only at a 
specific time point, which is typically chosen to be the peak of the echo (i.e., 
where the MR signal is strongest). The 121 waveform could also be used for 
slice-selection. In that case, its beginning would correspond to the isodelay 
point of the RF pulse, which usually corresponds to the peak amplitude of the 
pulse. (Because, to first order, the transverse magnetization is created at the RF 
isodelay point, the slice-selection gradient prior to the isodelay point does not 
contribute to the first moment and can be ignored.) In other words, the plateau 
width of leftmost lobe corresponds to the isodelay of the RF pulse. Again, the 
first moment cannot be nulled during the entire slice-selection gradient, but 
only for a specified point in time. 

The binomial waveform shown in Figure 10.17c is known as 133 1. The 
zeroth, first, and second gradient moments of this waveform are all nulled 
at the end of the waveform. Therefore, it is both velocity- and acceleration- 
compensated. 

The binomial waveforms serve as prototypical examples of GMN to 
various orders. For example, it is generally true that for a gradient echo pulse 
sequence a frequency-encoding waveform with GMN to order N requires a 
minimum of N + 2 gradient lobes with alternating polarity, just as in the bino- 
mial examples. This relation holds true even if the waveform is composed 
of more realistic lobe shapes such as trapezoids or triangles rather than the 
idealized rectangular lobes shown in Figure 10.17. (Waveforms for RF spin 
echo pulse sequences are discussed later.) Also, remnants of an underlying 121 
pattern are apparent in many other velocity-compensated gradient waveforms. 
For example, Figure 10.18 shows a waveform that is closely related to the 121 
waveform. It has a positive middle lobe that is twice as wide as either outer 
lobe. This waveform has practical importance for multiple-echo readouts in 
RF spin echo pulse sequences (Section 14.3). The first moment at the peak of 



FIGURE 10. 1 8 A FEER waveform characterized by a central lobe of twice the width 
of either end lobe. Like the binomial 121 waveform of Figure 10.17b, it is velocity- 
compensated. This waveform is of practical interest for multiple-echo RF spin echo. 
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the even-numbered echoes is much lower than at the peak of the odd-numbered 
echoes. Sometimes this effect is called field even-echo refocusing (FEER), and 
the waveform in Figure 10.18 is sometimes called the FEER waveform. Like 
the 121 waveform, the zeroth- and first-order moments of the FEER wave- 
form are nulled. More information about the FEER waveform can be found in 
Simonettietal. (1991). 



10.4.2 Quantitative Description 

Consider the one-dimensional motion of a small object under the influence 
of a gradient. Suppose the object moves along the x axis, and its displacement 
relative to the gradient isocenter is given by x (t ) . If we know its initial position 
xq, velocity vq, and acceleration ao at an initial time t = 0, then its location at 
later times can be extrapolated with the Taylor series expansion: 

x(t) = xo + v t + -a ? 2 + • • • (10.49) 

If a gradient along the x direction G(t) is applied when t > 0, then the 
accumulated phase at time / is given by: 



/ f G{u)> 



where u is an integration variable denoting time. Substituting Eq. (10.49) into 
Eq. (10.50) yields: 



) = Y f G(u) (. 



4>{t) = y I G(u) ix + v u + -aw H \du 



Equation (10.51) can be decomposed into a moment expansion: 

y 
<P(t) = ym (t)xo + ym\(t)vo + -m 2 (Oao -\ 

where the nth gradient moment is: 

m„(t)= I G(u)u n du 



(Some authors define the nth moment with an additional factor of n\ The 
definition we use in Eq. 10.53, without the factorial, is commonly used in 



10.4 Gradient Moment Nulling 



337 



statistics for the moments of a probability distribution.) Very often we are only 
interested in the value of the gradient moments at a single instant in time, such 
as at the center of the echo or at the end of a waveform, in which case the 
explicit time dependence in Eq. (10.53) is sometimes dropped. In that case, 
we simply write m n and understand that the moments are calculated for the 
single time point of interest. 

Equations (10.51) and ( 1 0.53) are conveniently generalized to three dimen- 
sions using vector notation. For example, for three-dimensional motion, 
Eq. (10.52) becomes: 



<f>(t) = y mo-ro + mi 



1 . 



(10.54) 



where r = (x , y , zo), t>o = (vo x , v 0y , vq z ), and a = (a 0x , a 0y , ao z ) are 
the initial vector displacement, velocity, and acceleration of the small object, 
respectively, and: 



>-/* 



Translation Rules for Moments Figure 1 0. 1 9 shows an arbitrary gradient 
waveform Go(t), defined for < t < 7l. Assume that the moments of Go(t) 
are mo, mj, m2, . . .: 



= / Go(u)udu 



If this original waveform Go(t) is translated to the right by At, then the 
translated waveform can be described by the function G(t) = Go(t - At). 



-T L 

Go(') 



FIGURE 10.19 An arbitrary gradient waveform Go(t) is defined for < 
duplicate of the waveform G(t) is translated to the right by At. 
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As expected, the gradient area remains unchanged by the translation: 

A?+7L A/+71 



;o= / G(u)du = / G Q (u-At)du= G (w)dw = mo 
he first moment of the translated wavefc 

H+T L At + T L 

G(u)udu = J G (u-At)ud 



(10.57) 
where w — u — At . The first moment of the translated waveform, however, is 
given by: 



7L 
= I Go(w)(w + At)dw = m At + mi (10.58) 



7-1. 

= J G (w)(w 



+ At)- dw = m Ar +2m x At +m 2 (10.59) 



Note the appearance of the binomial coefficients in Eqs. ( 10.58) and (10.59). 

Example 10.6 Based on the binomial pattern in Eqs. (10.58) and (10.59). 
write an expression form 4 without performing the integration explicitly. 

Answer Because the appropriate row in Pascal's triangle is 1-4-6-4-1 (i.e., 
the coefficients of the binomial expansion of (.v + y) 4 are 1 , 4, 6, 4, and 1 ): 

m 4 = m {) At 4 +4/«i A/ 3 + 6m? Af 2 +4m$At i + in 4 

The expressions for the moments of a translated waveform have some 
important consequences (Simonetti et al. 1 99 1 ). First, according to Eq. ( 1 0.58), 
the value of the first moment is invariant under translation (in \ = in 1 ) if (and 
only if) the waveform has zero net area, that is, mo = 0. Another way to state 
this result is the value of the first moment is independent of the choice of the 
origin t = when the waveform area is zero. 
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A second important consequence deals specifically with symmetric lobes, 
such as trapezoids or triangles whose ascending and descending ramps are 
equal in duration. If a lobe is symmetric with respect to the origin t = 0, 
then all its odd moments are zero because the contribution to the integral 
from positive and negative times exactly cancel. Applying Eq. (10.58) yields a 
simple expression for the first moment of a symmetric lobe centered at t = At: 

m\=moAt, (symmetric lobe) (10.60) 

As far as the first moment is concerned, all the area under a symmetric lobe can 
be treated as if it were concentrated at the single time point t = At, that is, at 
the centroid of the lobe (Bernstein et al. 1992). This rule can greatly simplify 
the design of velocity-compensated waveforms (see later discussion). 

The translation rules can also be used to elegantly verify the moments 
of the binomial waveforms stated previously. Consider the 1 1 waveform in 
Figure 10. 17a, and an inverted copy of it, which we call 1 1 . The first moments 
of these two waveforms have the same magnitude, but opposite sign. Therefore, 
the sum of the first moments of the 1 1 and 1 1 waveforms is zero. Because they 
each have zero net gradient area, their first moments are also independent 
of translation, and any combination of these two waveforms has zero first 
moment. By arranging the two waveforms so that their negative lobes exactly 
overlap, the 121 waveform of Figure 10.17b is obtained, so the first moment 
of that waveform is indeed zero. (A similar argument can be used to show that 
the FEER waveform shown in Figure 10. 1 8 has zero first moment by arranging 
the lobes of 1 1 and 1 1 waveforms so that their positive lobes touch but do not 
overlap.) This process can be continued in an iterative manner; that is, 121 and 
121 waveforms can be overlapped to form the 1331 waveform in Figure 10.17c, 
demonstrating that the second moment of that waveform is zero. Alternatively, 
these same results can be obtained by direct calculation. 

Finally, we note an analogy can be made between the moments of trans- 
lated gradient lobes and the mechanical concepts of force, torque, and moment 
arm. In the analogy, the gradient area corresponds to a force acting at the 
centroid of a lobe, the translation time At corresponds to moment arm of the 
force, and the gradient first moment is analogous to the torque. Thus a three- 
lobe, velocity-compensated waveform (mo = and mi = 0), such as the 121 
waveform, is analogous to a set of three force vectors that produce zero net 
force and also produce no net torque about any point. 

Calculation of Moments for Ramps, Plateaus, and Bridges The basic gra- 
dient lobe shapes of triangles, trapezoids, and bridged lobes are described 
in Sections 7.1 and 7.2. Each of these basic shapes can be built from the 
components of ascending ramps, descending ramps, plateaus, and bridges 
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(i.e., ramps between two plateaus of nonzero amplitude). A generic expression 
that covers all of these lobe components is: 



G(t) = 



0> 



(10.61) 



where x is the duration of the lobe component. From Eq. (10.61) 
G(Olr = o =G\ and G(t)\ t = z = G2- Thus, a positive ascending ramp is 
obtained by setting Gi > G\ =0, a positive gradient plateau is obtained 
by setting G\—G2 > in Eq. (10.61), and a descending negative bridge is 
obtained when > G\ > Gi- 

The moments for the lobe components are obtained by substituting 
Eq. (10.61) into Eq. (10.53) and performing the integration from to r. The 
result is: 

m -£i{irtl + G >) <la62) 

The expression in Eq. (10.62) can be evaluated for the special cases of ramps, 
bridges, and plateaus. Table 10.2 gives several results that are commonly 
used. These results can be used in conjunction with the translation rules of 
Eqs. (10.57)-(10.59) to calculate the moments of segments that begin at times 
other than t = 0. A more extensive table, which includes sinusoidal lobes, is 
provided in Wendt (1991). 

Example 10.7 (a) Use Table 10.2 and Eq. (10.58) to find the first moment 
of a positive trapezoid with amplitude h and ascending and descending ramp 
durations r. The plateau duration is T, and the trapezoid begins at f = 0. 

Table 10.2 
Gradient Moments for Commonly Used Lobe Segments 

Shape G(t =0) G(t = t) m m x m 2 

Gx Gx 1 Gr 3 

Ascending G — —— 

2 3 4 

ramp 

Gx Gx 2 Gr 3 

Descends G - — — 

ramp 

Gr 2 Gr 3 

Plateau G G Gr — — 



Bridge 
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(b) Then exploit the fact that this trapezoid is a symmetric lobe to find the 
same result using Eq. (10.60). 



(a) We can add together the first moments of each of the components of 
the trapezoid to find the net first moment. The first moment of the 
ascending ramp starting at t = is found from Table 10.2: 



m\ = (ascending ramp) (10.63) 

The plateau starts at t = r, so it has first moment: 

hT 2 
rh] = m r + m\ = rhT H (plateau) (10.64) 

Finally, the descending ramp, which starts at t = r + T, has first 
moment: 

hr hr 2 
m\ = mo(r + T) + m\ = — (r + T) -\ (descending ramp) 

(10.65) 
Gathering terms in Eqs. (10.63), (10.64), and (10.65), the net first 
moment is: 

(3rT T 2 \ 
r 2 + — + yJ (10.66) 

(b) The result in Eq. (10.66) can be obtained more simply by recognizing 
that the trapezoid is a symmetric lobe with area h(T + r) centered at 
At = r + T/2. Applying Eq. (10.60): 

^trapezoid = m At = [h(r+T)] (r + T - J = h (r 2 + -^ + —J 



10.4.3 Methods for Calculating Velocity-Compensated 
Waveforms 

This section gives representative examples illustrating techniques used to 
calculate velocity-compensated (i.e., first-order moment nulled) waveforms. 
We primarily use symmetric trapezoidal waveforms and exploit Eq. (10.60) 
to reduce the algebraic complexity. Waveforms using other symmetric lobe 
shapes (e.g., sinusoidal) can be obtained analogously. 
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Isodelay point of RF — 
y pulse 



FIGURE 10.20 Definition of quantities used to calculate a velocity-compensated 
slice-selection waveform for a gradient-echo pulse sequence. By flipping the wave- 
form from right to left, it can also serve as a velocity-compensated frequency-encoding 
waveform. 

Slice-Selection Waveform Figure 10.20 shows a velocity-compensated 
slice-selection waveform, commonly used with gradient-echo pulse sequences. 
The amplitude G s and duration T s of the slice-selection lobe are determined by 
imaging considerations such as the isodelay of the RF excitation pulse, slice 
thickness, and RF bandwidth. The goal is to calculate the widths, amplitude, 
and shape of the two unknown lobes, labeled lobe 1 and lobe 2. Because proper 
rephasing requires that the net area of the waveform be zero, the first moment 
of the waveform is independent of the time origin. For convenience we choose 
t — to be at the junction of the slice-selection lobe and lobe 1 . If we denote 
the absolute value of the area under each lobe by A, then balancing the zeroth 
moment requires: 

Ai=A 2 + A s (10.68) 

where A s is the gradient area from the RF isodelay point to the end of the 
slice-selection lobe and is given by A s = G s (7" s + r s /2). By recognizing that 
lobes 1 and 2 are symmetric trapezoids, we express their first moments by 
— Ajwi/2 and A2{w\ + u>2/2), respectively, according to Eq. (10.60) where 
w\ and it>2 are the widths of lobes 1 and 2, respectively, including both ramps. 
To balance the first moment, we have: 

- m ,-i^ + A 2 («, I + ^)=0 (10.69) 
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where m s is the absolute value of the first moment of the slice-select lobe from 
the RF isodelay point to the end of the slice-selection gradient lobe. (The minus 
sign in front of m s in Eq. (10.69) accounts for the fact that the slice-selection 
lobe occurs at t < 0.) From Table 10.2 and Eq. (10.60) m s is: 



\3 2 / 

Often the most compact waveform is obtained when lobes 1 and 2 are 
trapezoidal with the maximal gradient amplitude and slew-rate-limited ramps. 
According to Section 7.1, the total width of such a trapezoidal lobe is related 
to the absolute value of its area by 



m = -r + r = -r + — / = i,2 (io.7i) 

h h S R 

where h is the maximal gradient amplitude, r is the minimal rise time from 
to h, and Sr is the corresponding maximal slew rate. 

Substituting Eqs. (10.71) and (10.68) into Eq. (10.69) yields a quadratic 
equation for the unknown lobe area: 

A 2 2 + A 2 hr-(hm s + ^ + ^)=0 (10.72) 

The physically significant root of Eq. (10.72) is: 



-hr + V(/ir)2 + 2{hr A s + A\ + 2hm s ) 
A 2 = : (10.73) 

The remaining unknowns, such as the area of lobe 1 and the width of the 
two lobes, can be obtained by substituting Eq. (10.73) into Eqs. (10.68) and 
(10.71). Figure 10.21 shows a resulting slice-selection waveform calculated 
with this method. For the purposes of the plot, t = was selected to be the 
beginning of the waveform, but the first moments would be properly nulled 
at the end of the waveform regardless of where the time origin was selected 
because the net gradient area (i.e., the zeroth moment) is zero (Simonetti et al. 
1991). 

For very small slice-selection lobes that satisfy: 

hr A s + A\ + 2hm s < Ahr (10.74) 
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FIGURE 10.21 Velocity-compensated slice-selection waveform. The first moment 
m i is plotted assuming the / = corresponds to the isodelay point of the RF pulse, 
which usually corresponds to its peak. Note that the t = location is different from that 
in Figure 10.20. Because the net area under the waveform is zero, the first moment will 
be nulled at the end of the waveform, regardless of the choice of the temporal origin. 



the optimal shape for lobe 2 will be a triangle rather than a trapezoid because 
A2 < hr. In that case, Eq. (10.71) is replaced by: 



Substitution of Eq. (10.75) into (10.69) yields a quartic (fourth-order) expres- 
sion. As long as A 1 > hr (i.e., lobe 1 remains a trapezoid), then the closed-form 
expression (Bernstein et al. 1992) for A 2 is: 



hr + 2y/hrA s + A} + 2hm s - j (hr) 2 + Ahrjhr A, + Aj + 2hm s 
A 2 = 

(10.76) 
(If Ai <hr, there is still a closed-form solution to the resulting quartic 
equation, but several mathematical cases must be considered.) 

The methods presented here also can be used to calculate a 
velocity-compensated, frequency-encoding waveform for gradient-echo pulse 
sequences. That waveform is essentially the time-reversed version of the 
slice-selection waveform, with imaging considerations such as FOV and 
receiver bandwidth determining the fixed portion. More details can be found 
in Bernstein et al. (1992). 
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Velocity-Compensated Phase-Encoding Waveform Although the alge- 
bra for a velocity-compensated phase-encoding waveform is somewhat more 
complex, the example is instructive because it illustrates how to deal with 
amplitude-stepped waveforms and also waveforms that do not have zero net 
gradient area. The maximal k-space signal occurs when the phase-encoding 
amplitude is at (or near) zero. Therefore, the phase-encoding waveform is 
approximately nulled to all orders at the center of k-space. It is still some- 
times useful to velocity-compensate the phase-encoding waveform, however, 
to avoid the flow displacement artifact. This artifact occurs when there is flow 
in an oblique direction that has a component along the phase-encoding dir- 
ection (Nishimura et al. 1991). For example, for oblique flow in the readout 
phase-encoded plane, the magnitude of the displacement artifact is given by: 



AD = vAfsinSo 



(10.77) 



where v is the flow velocity, At is the time between the centroid of the phase- 
encoding lobe and the echo peak, and 8 is the angle between the flow vector and 
the phase-encoding axis. The maximum displacement artifact vAt/2 occurs 
when 8 = 45°. When all three axes are first- moment nulled, the pulse sequence 
is sometimes said to have tridirectional flow compensation. 

Figure 10.22 shows a velocity-compensated phase-encoding waveform. 
The goal is to determine the unknown lobe I and lobe II that null the first 
moment at the echo peak, which occurs at a time A after the end of lobe II. 
Lobe I is further from the nulling point, so it has a longer moment arm and 
will be smaller. This is helpful because the net area of the waveform must 
not be zero but rather equal to the phase-encoding area, Aj for step j. Many 




FIGURE 10.22 Velocity-compensated phase-encoding waveform. The arrows depict 
the direction of the stepping of the two lobes. 
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alternative sign conventions can be adopted; they all give the same final answer 
if applied consistently. We adopt the sign convention that the first step of each 
gradient lobe is described by a positive area and then account for bipolar nature 
of the waveform with the signs that appear in the equations. Balancing gradient 
areas gives: 

-A\ j + A n i = Aj = A max ( 1 — ) j = JV - 1 (10.78) 

\ N-lJ 

where the maximum gradient area is derived in terms of the phase-encoding 
FOV L v (see Eq. 8.38 in Section 8.2): 



Thus, the encoding area Aj ranges from +A max to — A max as j is stepped from 
to N - 1 . We choose the temporal origin t = to be at the echo peak. Nulling 
the first moment at the echo peak requires: 

A\.j (y + w n + A) - An.j (~ + A ) = ° ( 10 - 80 ' 

where we are using the fact that both lobes I and II are symmetrical. Velocity 
compensation on the phase-encoding axis normally requires the maximal 
gradient amplitude, so for nearly all clinical applications the most time-efficient 
lobes will be trapezoidal rather than triangular. 

Substituting Eq. (10.78) into Eq. (10.80) yields the gradient amplitudes 
for the jth step of lobes I and II: 



The unknown widths in Eq. (10.81) are obtained by solving for the largest 
absolute value of the areas of lobes I and II, which we call Ai. max and An. max. 
respectively. For simplicity, the same ramp duration can be used for all the 
phase -encoding steps, as shown in Figure 10.22. 
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The maximum values for the area in Eq. (10.82) correspond to setting j = 
in Eq. (10.78). The resulting expression for the maximum area for lobe II can 
then be obtained after some algebraic manipulation: 



(hr - 2A max ) 2 + 4A m; 



3hr 



(10.83) 
The value of A\ Max can then be obtained from Eq. (10.78), and both widths 
can be obtained from Eq. (10.82). 

Figure 10.23 shows a plot of a single phase-encoding step of a velocity- 
compensated waveform generated by this method, with / = selected to be 
the echo peak. This is a convenient choice because the first moment must be 
nulled there. Note that from Eq. (10.53), as soon as G(t) goes to zero, the 
values all of gradient moments can no longer change; this property is reflected 
in Figure 10.23. 

GMN Waveforms for RF Spin Echo Sequences The calculation methods 
just illustrated can be readily extended to RF spin echo pulse sequences. It is 
important to remember, however, that each refocusing pulse negates the phase 




FIGURE 10.23 Example of a velocity-compensated phase-encoding step. The net 
area under the waveform is nonzero, but the first moment is nulled at the end of the 
waveform relative to the echo peak. Also, the graph of the first moment has the opposite 
sign as the first gradient lobe because that lobe is played when t < 0. 
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FIGURE 10.24 Slice-selection waveform for an RF spin echo pulse sequence. 
Because the refocusing pulse negates the phase accumulation from preceding gradient 
lobes, the waveform depicted by the dashed line is used to calculate moments for times 
after the peak of 180° Note also that the portion of the slice-selection gradient before 
the isodelay point of the 90° excitation pulse is not used in moment calculations. 



accumulation from all the gradient lobes that precede it, all the way to the 
isodelay point of the RF excitation pulse, which is usually well approximated 
by the peak of the pulse. So, when calculating moments with Eq. (10.53), 
remember to invert any gradient lobe that is followed by an odd number of 
refocusing pulses up to time /. Figure 10.24 shows an example of a typical 
slice-selection waveform for a single-echo RF spin echo pulse sequence. The 
waveform consists of slice-selection gradients and a crusher pair. The dashed 
waveform accounts for the phase negation and is used to calculate the gradient 
moments for times to the right of the peak of 180° refocusing pulse. 

10.4.4 Practical Considerations 

Although GMN reduces the adverse effects caused by flow and motion, 
its use can result in other problems. First, the minimum TE and TR times of 
the sequence can be lengthened, especially in gradient-echo pulse sequences. 
This can limit its use in certain applications, such as breath-held cardiac ima- 
ging and contrast-enhanced angiography. Second, the increased number of 
gradient lobes required by GMN can exacerbate the eddy currents if the MR 
scanner is not well compensated. Third, the additional gradient lobes in GMN 
can contribute to the phase errors arising from concomitant magnetic fields 
(Section 10. 1 ). Often these phase errors cannot be easily cancelled, particularly 
in pulse sequences without RF refocusing pulses, leading to image artifacts. 
These potential drawbacks should be considered before incorporating GMN 
into a pulse sequence. Finally, note that flow artifacts can often be reduced to 
an acceptable level by designing the gradient waveforms with reduced values 
of specific gradient moments, even if it is not practical to precisely null them. 
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10.5 Spoiler Gradients 

At the end of a pulse sequence or a preparatory RF pulse, residual trans- 
verse magnetization can remain. The residual transverse magnetization, if not 
eliminated, can produce a spurious signal that interferes with the desired signal 
in subsequent data acquisition, causing image artifacts (Figure 10.25a) (Haase 
et al. 1 986; Haacke et al. 1 99 1 ). A spoiler gradient, as the name implies, spoils 
or kills the unwanted MR signals that would otherwise produce artifacts in the 
image. Spoiler gradients are also known as homospoil and killer gradients. 

Spoiler gradients are typically applied at the end of a pulse sequence 
(Figure 10.26a) or at the end of a preparatory RF pulse within a pulse 
sequence (Figure 10.26b). Examples of preparatory RF pulses include tag- 
ging pulses, inversion pulses, spatial saturation pulses, and spectral (or 
chemical) saturation pulses. Under the influence of a spoiler gradient, the trans- 
verse magnetization dephases along the direction of the gradient, leading to 
signal cancellation within a voxel. Meanwhile, the longitudinal magnetization 
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experiences no effect from the spoiler gradient and thus is preserved to give 
rise to a signal in subsequent data acquisition. 

The area of a spoiler gradient is usually very large so that it can adequately 
dephase the residual transverse magnetization. As such, a spoiler gradient often 
invokes the maximal available gradient amplitude or has a long pulse width. 
Trapezoidal, triangular, and half-sinusoidal waveforms can all be employed as 
spoiler gradients, although trapezoidal is most common because it yields the 
required gradient area in the shortest time (Section 7.1). Spoiler gradients are 
unipolar and can have either positive or negative polarity on a given gradient 
axis. The polarity is determined based on the other gradient waveforms within 
the pulse sequence (see later discussion). Although a spoiler gradient can be 




FIGURE 10.25 Two images of a phantom with a spatial saturation band visible as a 
horizontal stripe in the middle (a) without and (b) with a spoiler gradient following 
the spatial saturation RF pulse. The spoiler gradient eliminates the artifacts within the 
saturation band. 




FIGURE 10.26 Two examples of spoiler gradients, (a) A spoiler gradient that is 
applied at the end of a pulse sequence, (b) A spoiler gradient that is applied after a 
preparatory RF pulse (or pulses) but prior to an imaging pulse sequence. 
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applied to any one, any two, or all three logical (i.e., readout, phase-encoding, 
and slice-selection axes) or physical gradient axes, it is often sufficient to 
employ a spoiler gradient along a single axis. When spoiler gradients are 
required on more than one axis, they are typically applied simultaneously to 
minimize the length of the pulse sequence. 

In many aspects, spoiler gradients resemble the crusher gradients dis- 
cussed in Section 10.2. Both types of gradients are used to eliminate unwanted 
magnetization in order to reduce or remove image artifacts. Thus, they are 
not always distinguished in the literature. In this book, we distinguish spoiler 
gradients from crusher gradients based on the following differences: 

1. Spoiler gradients always dephase transverse magnetization, whereas 
crusher gradients can either dephase or rephase. 

2. Spoiler gradients are used to nonselectively eliminate all unwanted 
transverse magnetization. Crusher gradients, on the other hand, are 
employed to select or filter a specific signal pathway. 

3. Spoiler gradients can be employed in virtually any pulse sequence, but 
crusher gradients are specifically used in pulse sequences with at least 
one refocusing RF pulse. 

4. Spoiler gradients are applied at the end of a pulse sequence or a pre- 
paratory RF pulse, prior to subsequent excitation. Crusher gradients, 
however, are played during a pulse sequence. 



1 0.5 . 1 Qualitative Description 

Consider an arbitrary voxel in an image and assume there exists residual 
transverse magnetization M± at the end of a data acquisition (i.e., a readout). 
This magnetization needs to be eliminated to avoid a spurious signal in sub- 
sequent readouts that can cause image artifacts. Within the voxel, the transverse 
magnetization consists of contributions from many spin isochromats, each rep- 
resented by an arrow (i.e., a vector) in Figure 10.27a. The vector sum gives 
rise to M± and contributes to the artifact intensity. If a spoiler gradient pulse 
is applied, the spin isochromats within the voxel will dephase (i.e., fan out) 
according to their location along the gradient direction (Figure 10.27b). Spin 
isochromats at one end of the voxel will accumulate more phase (e.g., M\ in 
Figure 10.27), while spin isochromats at the other end will accrue less (e.g., 
M n in Figure 10.27). The overall phase dispersion across the voxel is deter- 
mined by the product of the gradient area and the voxel dimension along the 
gradient direction. If the gradient area or the voxel dimension is sufficiently 
large, the phase dispersion will result in a greatly reduced net vector sum and 
consequently a decreased or nulled M± (Figure 10.27c). In other words, the 
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FIGURE 10.27 Transverse (M±) and longitudinal (M z ) magnetization within a voxel 
before (a), during (b), and after (c) the application of a spoiler gradient pulse. The 
net transverse magnetization M± is equal to the vector summation of the individual 
magnetizations of the spin isochromats represented by arrows in the transverse plane. 

transverse magnetization is spoiled or killed. This becomes more evident in 
the mathematical description given in the following subsection. 

As outlined in Section 10.2, a gradient has no effect on the longitudinal 
(i.e., the z axis) component of the magnetization M z . During the dephasing 
process of the transverse magnetization, the longitudinal magnetization M z 
remains unchanged (except for Tl relaxation if the longitudinal magnetization 
is not in equilibrium) (Figure 10.27). The longitudinal magnetization can be 
excited to produce signals for subsequent data acquisitions. 



10.5.2 Mathematical Description 

Let M± (r ) be residual, spatially dependent magnetization that remains in 
the transverse plane at the end of a pulse sequence or after a preparatory RF 
pulse. We show here how M±(r) summed over an arbitrary image voxel can be 
greatly attenuated under the influence of a spoiler gradient G sp applied along 
direction r. 

Within the arbitrary voxel, the total transverse magnetization M± can be 
expressed as: 



\M L \= ^Mj.,„(r B )h 



j M±e- i ^+*>dr 
V0Xd JJr 



where index n represents different spin isochromats in the voxel (Figure 1 0.27), 
M± is the amplitude of M^ n (r n ), <po is the phase before G sp is applied, <p is 
the additional phase introduced by G sp , and dr is a linear differential along the 
direction of the gradient G sp . The integrals in Eq. (10.84) are performed over 
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the voxel (assuming that the integrals over the other directions orthogonal to 
r have already been done), and M±, <f>o, and (p are all dependent on the spatial 
location r. Prior to the application of the spoiler gradient, <p = 0, and the range 
of cj)Q is generally not large enough to cause sufficient phase dispersion within 
the voxel (Figure 10.27a). Thus, \M±\ is nonzero and gives rise to signals that 
can cause image artifacts. After the spoiler gradient, 4> becomes: 



<P(r) = Y / G S p(r) .rdt = y G sp (t)rdt = yrA sp 



(10.85) 



where y is the gyromagnetic ratio, and A sp is the spoiler gradient area. The 
phase dispersion (A0) across a voxel is: 

A(f>(r) = yA sp Ar (10.86) 

where Ar is the voxel dimension along the direction of G sp . Combining 
Eqs. (10.84), (10.85), and (10.86), ignoring <po, and assuming Mx is uniform 
within the voxel, we obtain: 



\M ± \ « M ± 


ro+Ar/2 
ro-Ar/2 


ro+Ar/2 

/ dr 

ro-Ar/2 



= M ± |SINC(A0/2)| 



= M x |SINC()/A S pAr/2)| 



(10.87) 



where r$ is the location of the voxel center. Equation (10.87) is virtually the 
same as Eq. (10.90) in Section 10.6, except that the slice thickness Az is 
replaced by the voxel size Ar. 

Equations (10.85) and (10.86) indicate that the phase introduced by G sp 
is proportional to the area of the spoiler gradient. If A sp is sufficiently large, 
the phase dispersion A<p can cause considerable attenuation of the transverse 
magnetization, as indicated by the SINC function in Eq. (10.87). For example, 
when A</> = 57T, the transverse magnetization is attenuated by more than 87%. 
A further increase in A sp results in a negligible \M±\. Thus, the residual 
magnetization is effectively dephased or spoiled. 

It is interesting to note that, when A<p = ±2mn (m — 1,2,...), \M±\ 
becomes zero, provided that the magnetization is uniform across the voxel. 
Equation (10.87) also indicates that either positive or negative spoiler gradients 
can be used to dephase the magnetization because the SINC is an even function. 
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10.5.3 Design Considerations 

Area of Spoiler Gradient The minimal phase dispersion required to spoil 
the unwanted transverse magnetization is typically determined by experiments. 
To obtain a proper phase value, the spoiler gradient can be incremented in 
amplitude or pulse width until the observed image artifacts are sufficiently 
reduced or eliminated. For most applications, the minimal phase dispersion 
must be greater than 2n across an image voxel. 

Equation (10.86) indicates that the required spoiler gradient area A sp is 
inversely related to the voxel size. When the image matrix is held constant, the 
voxel size is directly proportional to the FOV. In that case, scans with a smaller 
FOV require a larger spoiler gradient area than scans with a larger FOV. 

Example 10.8 It has been empirically found that a spoiler gradient with 
an area of 0.14 mTs/m can effectively eliminate artifacts due to residual 
transverse magnetization remaining from previous excitations. If the FOV is 
reduced by 25% while keeping the same image matrix, what is the expected 
area of the spoiler gradient that is required for the reduced FOV? 

Answer With the new FOV, the voxel size Ar is reduced to 75% of its original 
value. To maintain the same phase dispersion given by Eq. (10.86), the new 
spoiler gradient area should be: 

A' sp = A S p/75% = 0.14/0.75 = 0.187mT • s/m 

Under the specific conditions given in this example, the calculated gradient 
area provides a good initial estimation in spoiler gradient design. The optimal 
spoiler gradient area can be determined empirically based on this initial guess. 



Polarity of the Spoiler Gradient Since either positive or negative spoiler 
gradients can dephase the transverse magnetization, a pulse sequence designer 
has the flexibility to choose the spoiler gradient polarity so as to avoid coun- 
teracting the phase dispersion (i.e., 4>q in Eq. 10.84) already introduced by the 
proceeding gradients. This allows <po and 4> to add constructively, leading to a 
smaller spoiler gradient area A sp to achieve a desired total phase dispersion. 
For example, if a spoiler gradient is applied along the readout axis in a pulse 
sequence, the spoiler gradient should have the same polarity as that of the 
readout gradient (Figure 10.28a). For the same reason, the spoiler gradient at 
the end of an echo planar imaging (EPI) pulse sequence should always match 
the polarity of the last readout gradient lobe (Figure 10.28b-c). 

Axis Selection for the Spoiler Gradient The axis of a spoiler gradient can 
be selected based on the following guidelines. 
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FIGURE 10.28 Spoiler gradients along the readout gradient axis at the end of (a) a 
gradient echo sequence and (b-c) EPI sequences. To maximize dephasing efficiency, 
the polarity of spoiler gradients should match the polarity of the last readout gradient 
lobe. As such, the polarity of the spoiler gradient changes from (b) to (c). This often 
occurs when the echo train length in EPI is changed from an odd number to an even 
number. In each case, the spoiler gradient lobe could be bridged with the adjacent 
readout gradient lobe. 

1. The spoiler gradient direction is preferably applied along a direction 
that gives the largest phase dispersion. 

2. If gradient coil or gradient amplifier heating is a concern, then the 
spoiler gradient is preferably played on the axis that has the lowest 
duty cycle. 

Guideline (1) is demonstrated in Example 10.9. 

Example 10.9 In an image, the voxel dimensions along the readout, phase- 
encoding, and slice-selection directions are Ax = 0.5 mm, Ay — 0.5 mm, 
and Az = 2.0 mm, respectively. If a phase dispersion of Air across the voxel 
is required to eliminate residual transverse magnetization, calculate the area 
of a spoiler gradient when it is applied along (a) the phase-encoding direc- 
tion, (b) the slice-selection direction, and (c) the longest diagonal direction of 
the voxel. 

Answer When a spoiler gradient is applied along the phase-encoding, 
slice-selection, and diagonal directions, Ar will have the following values, 
respectively: 

(a) Ar = Ay = 0.5 mm 

(b) Ar = Az = 2.0 mm 



(c) Ar = J(Ax) 2 + (Ay) 2 + (Az) 2 = 2.12 mm 



A(j) 


An 


yAr 

Acp 


In x 42570 Hz/mT x 0.5 x 10" 3 m 
= 0.0940 mT • s/m 

4tt 


yAr 

A<p 


In x 42570 Hz/mT x 2.0 x 10" 3 m 
= 0.0235 mT • s/m 

An 
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The required gradient area to give a An phase dispersion can be obtained using 
Eq. (10.86): 



(b) A sp = 



p yAr In x 42570 Hz/mT x 2.12 x 10" 3 r 
= 0.0222 mT • s/m 

Example 10.9 shows that, by applying the spoiler gradient along a larger 
voxel dimension, a smaller gradient area can be used to achieve the same 
degree of signal dephasing. In practice, however, the spin distribution in a 
voxel can be nonuniform. Thus, the largest voxel dimension does not always 
correspond to the direction of most efficient dephasing. Even for a uniform 
spin density within the voxel, the signal intensity can be modulated by a 
SINC function along the readout and phase-encoding directions and by a non- 
rectangular slice profile along the slice direction, leading to deviations from 
that predicted by Eq. (10.86). All those deviations have been neglected in 
Example 10.9. 

Guideline 2 is intended to better balance the gradient load among the 
gradient axes. Because the phase-encoding gradient axis usually has the low- 
est duty cycle, spoiler gradients along the phase -encoding direction are very 
popular. Based on the same guideline, spoiler gradients along the readout dir- 
ection are rare, especially in pulse sequences with long readout echo trains. 
For imaging in oblique planes, balancing the load among the logical gradient 
axes, however, becomes less important. 



Other Effects of a Spoiler Gradient Similar to many gradient pulses 
with high amplitude, spoiler gradients can produce considerable eddy cur- 
rents, concomitant magnetic fields, and gradient-induced vibration. Eddy 
currents produced by a spoiler gradient are generally detrimental because 
they can counteract the spoiler gradient and thus reduce the dephasing effi- 
ciency. (Ironically, eddy-current gradient fields along a direction other than 
that of the applied spoiler gradient may help accelerate the dephasing process. 
This effect is, however, very small.) In addition, eddy currents that have not 
fully decayed during the subsequent data acquisitions can perturb the desired 
magnetization, leading to image artifacts. These adverse effects, as well as 
gradient-induced vibration, can be mitigated by derating the spoiler-gradient 
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amplitude at the expense of a prolonged pulse width. Unlike eddy currents, 
the concomitant magnetic fields can help spin dephasing because the spatial 
dependency of concomitant magnetic fields is orthogonal to that of the applied 
spoiler gradient, provided that the spoiler gradient is applied along a single 
physical axis. 
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10.6 Twister (Projection Dephaser) Gradients 

A projection dephaser or twister gradient (Dixon et al. 1986) acts to 
attenuate signals from larger structures while leaving smaller structures rel- 
atively unaffected. Thus, the twister gradient functions as a spatial high-pass 
filter. Although twister gradients can be applied along any gradient axis, they 
are usually applied in the slice-selection direction and used in conjunction with 
thick 2D slices that are sometimes called projections or slabs. This is because 
a twister gradient is effective only when the dimension of the voxel in the 
gradient direction is greater than the size of the structure (e.g., a blood vessel) 
whose conspicuity we are trying to enhance. Figure 10.29 shows an example of 
a pair of coronal 2D phase-contrast angiograms and their corresponding mag- 
nitude images. They show the head and neck of a healthy volunteer, acquired 
with a slice thickness of 100 mm, with and without a twister gradient applied 
in the slice direction. The twister gradient increases the contrast of the ves- 
sels relative to the surrounding stationary tissue. In addition to increasing the 



CHAPTER 10 Correction Gradients 




FIGURE 10.29 (c-d) 2D phase- 
magnitude images, without (left colui 
gradient. The slice thickness is lOOrr 
direction produces a 2n phase shift o 



angiograms and (a-b) their corresponding 
) and with (right column) an applied twister 
and the twister gradient applied in the slice 
the twister gradient sup- 



presses the stationary tissue background to increase the conspicuity of the vessels. Also 
note the oscillating intensity (hollow arrow) in the magnitude image with the twister 
gradient, which is predicted by Eq. (10.90) and shown in Figure 10.31. 



conspicuity of small structures, the twister gradient also reduces the dynamic 
range of the raw k-space signal, which can be advantageous if the number of 
bits in the digitizer is a limiting factor. 



10.6.1 Qualitative Description 

As its name implies, the twister gradient produces a phase twist of the 
MR signal along the gradient direction. This phase twist produces a spatially 
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- Slice direction - 



FIGURE 10.30 A twister gradient sets up a sinusoidal variation in the real or imagin- 
ary part of the MR signal. The signal intensity from a thicker structure (dotted line) 
is attenuated because the positive and negative contributions cancel. A thinner struc- 
ture (dashed line), however, largely maintains its phase coherence. Thus, its signal is 
relatively unaffected. 



dependent sinusoidal variation in each component of the complex MR sig- 
nal. Figure 10.30 schematically illustrates this sinusoidal variation. A uniform 
thick structure, depicted by the dotted-line box, experiences both the positive 
and negative influence of the sinusoidal variation, causing signal cancel- 
lation, or destructive interference. A thin structure such as a small blood 
vessel, depicted by the dashed-line box, experiences either the positive or 
the negative influence of the sinusoidal variation, depending on its location. 
Therefore, the MR signal largely maintains phase coherence and suffers little 
signal loss. 

10.6.2 Mathematical Description 

The effect of the twister gradient can be modeled by calculating the 
dimensionless attenuation ratio: 



\f e't'dzl 
1° I 

a! 



where Az is the smaller of the voxel dimension in the direction of the twister 
gradient or the dimension of the structure of interest within the voxel. The 
denominator of Eq. (10.88) represents the linear growth of the signal with 
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Az when there is no twister gradient present. The numerator is the magnitude 
of the phase-sensitive sum that accounts for the phase dispersion due to the 
twister gradient. Although Eq. (10.88) is a somewhat simplified model, because 
it does not account for nonuniformity of the structure or variation in the slice 
profile, it does capture the main effect of the twister gradient. 

According to the Larmor equation, the phase angle in Eq. (10.88) (for 
stationary spins) is given by: 

<p = yAz (10.89) 

where y is the gyromagnetic ratio, A is the gradient area (in milliteslas- 
milliseconds per meter) under the twister gradient, and z is the displacement 
from isocenter in the direction of the gradient. Substituting Eq. (10.89) into 
Eq. (10.88), with dz = d<p/(yA), the integrals can be readily evaluated. Using 
the identity sin# = (e'° - e~ w )/(2i), we obtain: 



(^ 



yAAz 



= (^)| 



(10.90) 



Figure 10.31 shows a plot of r(Az) when yA = 8.4 rad/cm. The maximal 
value of r = 1 occurs when Az = 0, that is, when the structure is infinitesi- 
mally thin. At this maximum, the twister gradient does not attenuate the signal 
at all. As the structure becomes thicker (i.e., as Az increases), signal attenua- 
tion tends to increase, as shown in Figure 10.31. The effect, however, is not 
monotonic because the attenuation ratio oscillates, that is, r(Az) has periodic 
zeros at Az = 2nn/yA, where n is a positive integer. The signal attenuation 
is very similar to that caused by a spoiler gradient (Section 10.5). 



10.6.3 Practical Considerations and Applications 

The gradient area A of a twister gradient is an adjustable parameter that 
must be tailored to the specific imaging application. Typically y A is set so that 
it produces a In phase wrap over a distance approximately twice as long as the 
dimension of the (thin) structure to be enhanced. For example, if vessels with 
cross-sectional diameter less than or equal to Az = 10 mm are to be imaged, 
we might initially set the area: 

A * V^z) = 2* x 42.57 MhT/T x 2 x 0.01m = U7 X ^ S " mT/m 

(10.91) 
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FIGURE 10.3 1 Plot of the attenuation n 
8.4rad/cm. 



r(Az) calculated in Eq. (10.90) for y A = 



Equation (10.91) provides a reasonable starting point in practical implementa- 
tion; the optimal area can then be empirically determined by adjusting A to 
enhance the desired structures in the image. Often the twister gradient can be 
implemented simply by reducing the gradient area of the slice-rephasing lobe 
by an amount A. 

Twister gradients have found application mainly in MR angiography 
(Dumoulin and Hart 1987) because blood vessels are usually much smal- 
ler than the stationary tissue structures surrounding them. Thick-slab 2D 
phase-contrast angiography (Figure 10.29) is a common application of twister 
gradients. Twister gradients are also useful in fluoroscopic triggering of 3D 
contrast-enhanced exams. Employing a thick 2D slice in the real-time fluoro- 
scopic mode (Section 1 1 .4) virtually ensures that the vessels of interest will be 
included in the imaging volume. The twister gradient increases the conspicu- 
ity of those vessels, making it easier to determine exactly when the contrast 
material arrives in the arteries and when the 3D acquisition should be initiated. 
Other applications of twister gradients arise in catheter tracking (Unal et al. 
1998) because, like a vessel, a catheter is usually much thinner than the tissue 
structures that surround it. 
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Introduction 

Part IV describes pulse sequence features other than RF and gradient pulses, 
including data acquisition sampling strategies and data acquisition controls. 
Part IV also discusses processes that work in close conjunction with pulse 
sequences, such as physiological monitoring, motion suppression, and image 
reconstruction. 

Chapter 1 1 describes data acquisition modes and k-space sampling. Band- 
width and sampling related to signal reception are described in Section 11.1. 
The concept of k-space is explored in Section 11.2; this concept is used 
throughout the book because it conveniently describes a variety of data 
acquisition strategies. Partial k-space updating strategies (e.g., keyhole) in 
a time-course study are presented in Section 11.3. Real-time imaging and 
fluoroscopic triggering are covered in Section 1 1 .4. The properties of 2D and 
3D data acquisition modes are described in Sections 1 1 .5 and 1 1 .6, respect- 
ively. Many of the properties described in these two sections are general and 
apply regardless of the specifics of the pulse sequence used, for example, 
whether it is gradient echo or RF spin echo. 

Chapter 12 covers the basics of physiological gating, triggering, and mon- 
itoring. These methods are used to reduce motion-related artifacts, as well as 
to image moving organs such as the heart. Although the terms gating and trig- 
gering are often used interchangeably, we make a distinction between them 
in this book. We use the term triggering when an event (e.g., the detection 
of the R-wave) initiates pulse-sequence activity of predetermined duration, as 
in electrocardiogram (ECG) triggering (Section 12.1). We use the term gat- 
ing when pulse-sequence activity of an indeterminate duration is allowed only 
when a physiological parameter lies within predetermined limits, as in res- 
piratory gating (Section 12.3). Respiratory compensation by view reordering 
and motion suppression by breath-holding are also described in Section 12.3. 
Navigator echoes, which use MR data (rather than external devices) to detect 
and correct motion, are the subject of Section 12.2. 

Chapter 13 provides an introduction to the commonly used image recon- 
struction methods. MR image reconstruction is the mathematical process that 
transforms the raw k-space data into the desired image data. Fourier recon- 
struction (Section 13.1) is a commonly used reconstruction method that can 
be efficiently applied when k-space data are acquired in a rectilinear fashion 
(e.g., with phase- and frequency-encoded acquisitions). The reconstruction 
of data from other k-space trajectories (e.g., spirals and radial projection 
acquisition) typically uses gridding, as described in Section 13.2. That method 
maps the non-Cartesian k-space data back onto a rectilinear grid, followed 
by Fourier reconstruction to yield an image. Phase difference reconstruction 
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(Section 13.5) is used to reconstruct phase maps that accentuate a desired 
quantity (e.g., flow, fio shim, or temperature change) encoded in the phase of 
the signal while suppressing the unwanted phase variation that is unavoidable 
in MR images. 

A variety of reconstruction methods have been developed for data acquired 
in an accelerated manner, and these are also described in Chapter 13. 
Parallel-imaging reconstruction (Section 13.3) is used to reconstruct images 
acquired with sensitivity encoding (SENSE), simultaneous acquisition of spa- 
tial harmonics (SMASH), and related methods. Partial Fourier reconstruction 
(Section 13.4) can be used with either partial-echo acquisition, which reduces 
TE, or partial k y acquisition, which reduces scan time. The latter is also called 
a partial NEX acquisition, where NEX denotes the number of excitations, i.e., 
the number of signal averages. View-sharing reconstruction is described in 
Section 13.6. That method increases the number of reconstructed phases in 
a cardiac study or the frame rate in a real-time study. It should be noted that 
Chapter 1 3 is intended to be an introduction to reconstruction techniques most 
likely to be encountered by the pulse-sequence designers and users. Thus, we 
have chosen to focus on reconstruction techniques that are either commonly 
used or are becoming prevalent. 
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Signal Acquisition and 
k-Space Sampling 



11.1 Bandwidth and Sampling 

The readout bandwidth is the range of spin precession frequencies across 
the FOV in the readout (i.e., the frequency-encoded) direction. This precession 
frequency range depends on the FOV and the amplitude of the frequency- 
encoding gradient (see Section 8.1). The readout bandwidth is specified as 
either the full bandwidth or the half-bandwidth. We use the latter convention 
here, denoting the half-bandwidth by Av. The full bandwidth is then 2Al>, 
and the bandwidth of the scan prescription is ±Av. In discussing MRI data 
acquisition, we frequently treat the data as if they were continuously acquired 
during the readout, but in reality the signal is discretely sampled with an analog- 
to-digital (A/D) converter. The resulting sampling time per complex point At 
(also known as the dwell time) is the inverse of the full readout bandwidth. 



11.1.1 Mathematical Description 

The Nyquist theorem states that the spectrum of a discretely sampled sig- 
nal is replicated in the Fourier conjugate domain (see subsection 1.1.8). For 
example, Figure 11.1 shows a time-domain signal and its Fourier transform. 
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Frequency domain 




FIGURE 1 1 . 1 A time-domain signal and its Fourier transform (a) before discrete 
sampling and (b) after sampling. The frequency-domain replication interval is the 
inverse of the sampling time Af . Because the width of the frequency-domain spectrum 
w is greater than 1/Af, the replicates overlap and aliasing results. 

If the signal is sampled at intervals At, the Fourier transform of the sampled sig- 
nal is replicated at intervals 1/Af. If the frequency bandwidth of the spectrum 
w (its area of compact support) is greater than 1 /At, the replicates overlap (i.e., 
aliasing results). This overlap can be prevented by windowing the spectrum 
before sampling so that the bandwidth w is less than or equal to the replication 
distance 1/Af (Figure 1 1.2). This result can be directly applied to the readout 
process in MRI by calculating the bandwidth of the signal resulting from spin 
precession in the presence of the readout gradient, as shown in Section 8.1. 

In frequency encoding, the precession frequency is varied linearly in 
one direction, say x, by applying a readout gradient G x in that direc- 
tion. The full range of precession frequencies, or bandwidth, across the object 
in the x direction is (y/2n)G x D, where D is the object length (Figure 1 1.3). 
In the frequency-encoding process, precession frequency is used to recover the 
spin location. If an FOV L x smaller than D is desired, the signal bandwidth 
must be reduced. This bandwidth reduction is an essential feature of an MRI 
receiver and requires the receiver to apply a bandlimiting filter (sometimes also 
called an analog anti-alias or hardware filter) prior to the sampling step. (In 
contrast, with phase encoding, the object signal coming from outside the FOV 
cannot be eliminated by a filter and the aliased replicates overlap in the image, 
causing wrap-around artifacts as discussed in Section 8.2.) After applying the 
anti-alias filter, the signal bandwidth is: 
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Frequency domain 



FIGURE 11.2 A time-domain signal and its Fourier transform (a) before sampling 
and (b) after sampling. The width of the frequency domain spectrum w is less than 
l/At, preventing aliasing. 



D * 



FIGURE 1 1.3 The object (ellipse) has length D in the frequency-encoded direction. 
The frequency-encoded FOV L x is less than D. In this case, applying a bandlimiting 
filter prevents aliasing. 

The A/D converter then samples the signal at intervals: 



2Au 



(11.2) 



as dictated by the Nyquist theorem. 

The sampling requirements of the Nyquist theorem apply both to the 
k-space and spatial domains. For example, the temporal Nyquist sampling 
requirement is related to the k-space sampling Nyquist requirement as follows. 
Assuming a constant readout gradient, the interval between readout points in 
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k-space Ak x is: 

Ak x = — G x At (11.3) 

2tt 
Combining Eq. (11.3) with Eqs. (11.1) and (11.2), we obtain the k-space 
Nyquist requirement: 

Ak x = — (11.4) 

If we acquire N x readout points, the maximum extent of the acquired k-space is: 

(1.-5) 

where Ax is the image resolution in the readout direction, that is, the pixel size 
after the Fourier transform without zero filling. Equations (11.4) and (11.5) 
state that the k-space (or image space) sampling interval is the inverse of 
the length of compact support in image space (or k-space). Equations (1 1.4) 
and ( 1 1 .5) can be compared to Eq. ( 1 .30), Eq. (8. 1 1 ), and Eqs. (8.33) and (8.34). 

11.1.2 Receiver Design 

An MRI receiver removes the Larmor precession frequency of the trans- 
verse magnetization. This has the same effect as if the received data were 
acquired in the rotating frame (Section 1 .2) and is called demodulation. The 
receiver converts the real signal induced in the receive coil into a complex signal 
suitable for Fourier transformation to reconstruct the MR image. This process 
is called quadrature detection. Finally, the receiver performs data sampling 
and bandlimiting to prevent aliasing. 

Many different receiver designs are possible; only one design, illustrat- 
ing many of these concepts, is discussed here. To allow flexibility in the 
choice for bandwidth, the bandlimiting is always done in several steps and 
partly using digital hardware. In all designs, prior to A/D sampling, the sig- 
nal is bandlimited with the analog anti-alias filter (hardware filter) to the 
maximum bandwidth allowed by the A/D converter sample time. The pur- 
pose of the anti-alias filter is to prevent wide-band noise such as white noise 
and spurious signals from aliasing into the imaging FOV. The A/D sample 
bandwidth is denoted here ±Au ac j and the corresponding sample time is 
denoted A/ ac j. The maximum bandwidth allowed by the system ±Au max 
can be less than ±AL> a d. If the operator has prescribed a bandwidth less 
than Au max , the signal is then digitally filtered and sampled to the final 
bandwidth. 

MR Signal To understand how the receiver performs these functions, it is 
helpful to consider the MR signal generation process. A complete discussion 
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can be found in Haacke et al. (1999). As shown there, ignoring relaxation 
effects, the signal S(t) induced in the coil by the processing magnetization is 
given by: 



S(t)(xa>l \M T (r)\\B T (?)\sin((P M (?,t) - (j) B (P))d 3 r (11.6) 

In Eq. ( 1 1 .6), <w = y Bo is the Larmor frequency in radians per second; 
Mj(r) = M x x + M y y is the transverse component of magnetization in the 
laboratory frame at time t = 0; Bj{r) is the transverse component of the 
receive coil B\ field; 4>m(t, t) is the phase of Mj(f), that is, its angle with 
respect to the x axis in the laboratory frame; and (psir) is the phase of B T (r) 
in the laboratory frame. The integration is performed over the entire volume of 
the sample (patient). Ignoring resonance offsets from susceptibility variation 
and chemical shift, the precession frequency of Mjjf) is the Larmor frequency 
plus a frequency offset due to imaging gradients G(t). The resulting phase is: 



</>Af(r, t) = <po(r) + cot + y j 



y fd(t')-rdt' 
n phase at t = 0. J 
S(t) oc « f |M r (r)||B7-(r)| sin Itot + y f G(t')-rdt' 



where </> (r) is the transverse magnetization phase at t = 0. Equation (11.6) 
then becomes: 



+ <Po(r)-4>B(r)\d i r (11.8) 



Demodulation and Quadrature Detection The cot term in the sine func- 
tion in Eq. ( 1 1 .8), represents Larmor precession and is removed by multiplying 
the signal by (i.e., mixing it with) a sine or cosine oscillating at or near co 
(called a local oscillator or LO signal), followed by low -pass filtering. Consider 
multiplying the function sin(&; + Aa>)t by sin cot. Using the trigonometric 
identity: 

cos(A - B) - cos(A + B) 
sinAsinfl = — v ' (11.9) 

yields: 

.cos Acot - cos(2w + Aa))t 
sm(o>+ Aco)t x smcot = (11.10) 



The second term on the right-hand side of Eq. (1 1.10) is a sideband at offset 
frequency 2co and can be eliminated by a low-pass filter with the appropri- 
ate bandwidth. Even if Aco is time-dependent, the second term can still be 



(11.12) 
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eliminated with a low-pass filter provided co 3> Aco. Similarly, multiplying by 
cos cot results in: 

A . sin Acot + sin(2<w + Aco)t ,,,^ 

sm(fl) + A(y)fxcosa)r = (11.11) 

The second term in (1 1.1 1) can also be eliminated by using a low-pass filter. 
The resulting low-pass-filtered signal oscillates at Aco; that is, the frequency 
offset co has been removed. 

Demodulating the signal in Eq. (1 1 .6) by multiplying by sin cot and cos cot 
followed by low-pass filtering results in two separate signals Sr and Si given by 

5 R (0 oca f |M r (r)||fi r (r)| cos \y I G(t') -rdt' + 0o(?) - 
and 

Si(t) cxco t |jif T (r) || Br(r) | sin \y f G(t') -rdt' + </>o(?) - 4>b(7) 1 d 3 r 

(11.13) 
The two signals can be combined to give a complex demodulated signal 
given by: 

(11.14) 

(Defining S± = 5r — iS\ instead of S± = Sr + iS\ is equivalent to adding an 
arbitrary 1 80° phase shift to Si . We use the former definition for notational con- 
sistency with the rest of the book.) Using complex notation, the demodulated 
signal can be written: 

S ± (t)occo j M ± (?)B ± (?)e~ i Yf d(, ' ) - Tdt 'd 3 r (11.15) 

where M±(r) = |Mr(r)|<r , '* o( ' :) and B±(r) = \B T (r)\e i <l' B<? ) are complex 
numbers whose real and imaginary parts are equal to the x and y components 
of the vectors Afr(r) and fir(r), respectively. Identifying the k-space vector 
(Section 11.2): 

kt) = ^ j ' G{t')dt' (11.16) 

o 
as a spatial frequency directly leads to the interpretation that the complex 
demodulated signal is the Fourier transform of the transverse magnetization, 
weighted by the receive coil B\ field. 
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FIGURE 11.4 Direct-conversion analog receiver. The signal from the RF coil 
oscillating at the Larmor frequency w is split and then mixed with sine and cosine ref- 
erence signals oscillating at frequency w to remove the Larmor frequency oscillation. 
Separate anti-alias filters then bandlimit each signal to ± Au a( j prior to A/D sampling 
in order to eliminate demodulation sidebands and avoid aliasing. The sampled signals 
are digitally filtered to further bandlimit and resample the data if Au max < Au a d or if 
the operator has selected a bandwidth less than Au max . 
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Direct-Conversion Analog Receiver In this design, 5r and Si are 
computed with separate analog demodulation and digitization hardware 
(Figure 11.4). Demodulation to remove the Larmor frequency is done by 
multiplying the signal by sin cot and cos cot . Both Sr and Si are separately band- 
limited to ± A u a d to remove the unwanted sidebands in Eqs. ( 1 1 . 1 0) and (11.11) 
and to prevent aliasing prior to digitization. The resulting signals, now centered 
at zero frequency (also known as baseband or DC), are digitized by the A/D 
converters at intervals Af a a. Further bandlimiting and resampling use digital 
processing as shown in Figure 1 1.4 if Au max < Au a d> or if the operator has 
selected a bandwidth less than Au max . 

A drawback to this design is that the two analog paths can have differ- 
ent gains (in-phase/quadrature, or I/Q mismatch) resulting in an amplitude 
difference between Sr and Si. The phase shift between the local oscillator 
signals for the two paths may not be exactly 90°. These problems cause an 
artifact called a quadrature ghost. The artifact consists of a very-low-amplitude 
copy of the object, reflected in both readout and phase-encoded directions and 
superimposed on the image (Henkelman and Bronskill 1987). 

Another drawback to this design is that A/D converters usually have a 
DC offset (i.e., a nonzero output voltage even with zero input voltage) that 
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can drift due to thermal changes. The effect of DC offset is a spurious super- 
imposed signal at zero frequency. This results in an artifact that consists of 
a dot at the center of the image if the DC offset is constant throughout the 
scan. Alternatively, the artifact can be a slight spreading of the dot in the 
phase-encoded direction if the DC offset drifts slowly during the scan. Fre- 
quent recalibration of the offset voltage between scans can minimize, but 
often does not eliminate, the problem. The artifact can be removed or reduced 
by phase cycling or chopping the RF pulse (see Section 11.5). A DC off- 
set can also result from leakage of the LO signal into the MR signal (input 
to the preamp) or from leakage of the MR signal into the LO (input to the 
mixer) because the leaked signal is demodulated to baseband at the output of 
the mixer. 



Alternative Receiver Designs To avoid these problems, the n 
most modern MRI scanners does not use the design in Figure 11.4. Many 
receivers use an intermediate frequency (IF) to partially demodulate the sig- 
nal to a baseband value that is on the order of 100 kHz. An A/D converter 
digitizes the signal, followed by further bandlimiting and demodulation that 
uses digital processing. DC offset is eliminated because the output of analog- 
mixing hardware, as well as the input to the A/D converter, is centered at an 
intermediate frequency rather than at DC. Because quadrature is created using 
digital processing, I/Q mismatch is also eliminated. Another receiver design 
(direct digital receiver) does not use any analog demodulation but bandlimits 
and digitizes the data centered at the Larmor frequency. Demodulation to base- 
band and creation of quadrature data are accomplished using digital processing. 
A complete discussion of these designs is outside the scope of this book, but 
more information can be found in Hoult (1978), Holland and MacFall (1992), 
Michal et al. (2002), and Morris et al. (2002). 

Design Trade-Offs In most MR scanners, Au max is somewhat larger 
than required for most applications. The cost of the A/D converter depends on 
the number of bits and minimum sampling time per complex point. On many 
systems, the minimum sampling time per complex point is 1 u.s or longer and 
the number of bits is 16 or fewer. The requirements for the number of bits 
and minimum sampling time are interdependent and are determined by the 
maximum SNR as well as typical readout bandwidths. A full discussion is 
beyond the scope of this book; however, the A/D sampling time is usually 
limited by a cost trade-off made by the manufacturer. 



11.1.3 Operator Parameter Selection 

Choosing any two of the three parameters — bandwidth Av, gradient amp- 
litude G x , and FOV L x — in Eq. (1 1.1) fixes the third parameter. Usually only 
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certain values of Av and L x are allowed on most scanners. For example, L x 
can usually be changed in increments of 1 cm or finer. Typical allowed values of 
± Av for a 1 .5-T scanner might be ± 16 kHz, ±32 kHz, ±64 kHz, and so forth. 
Some commercial MRI scanners allow the operator to choose any combina- 
tion of allowed parameter values consistent with Eq. (11.1). Other scanners 
allow only fixed combinations of the parameters. For most pulse sequences, 
it is customary to let the operator choose Av and L x and fix G x accordingly. 
Note that we must limit the choices of Av and L x so that G x does not exceed 
the maximum gradient amplitude h that the system can produce. Similarly, the 
choice of G x and L x are also limited by the maximum receiver bandwidth that 
the MR system can provide. L x is typically chosen based on the size of the 
object, the spatial resolution requirements, and SNR (Section 1 1.2). 

The bandwidth Av is typically chosen based on requirements for chemical 
shift artifact, as well as SNR and minimum echo time. The chemical shift 
artifact is the displacement of off-resonant spins that occurs when frequency 
encoding is used for spatial localization and spatial selection (slice or slab 
selection). Similar displacement can also occur when there is a spatial magnetic 
susceptibility variation or Bq inhomogeneity. Chemical shift artifacts occur in 
the readout direction and in the slice-selection (Section 8.3) or slice-encoded 
(Section 1 1.6) direction in most pulse sequences. It can also appear along the 
phase-encoded direction in some echo-train pulse sequences, such as EPI. 
The cause of chemical shift in the readout direction is schematically shown 
in Figure 11.5. The frequency-encoding gradient creates a linearly varying 
precession frequency across the FOV. A spin at location x\ precesses with 




FIGURE 11.5 Frequency-encoding gradient gives a precession frequency that varies 
linearly across the FOV. A spin at location x\ precesses with frequency f\ if the spin 
is on-resonance. If the spin is off-resonance and precesses instead with frequency /2, 
it will appear in the image at location xi- 
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frequency f\ if it is on-resonance. If the spin is off-resonance and instead 
precesses with frequency f 2 , it will be mapped to location x 2 in the image. 
The shift distance 8x = x 2 — x\ is given by: 

8x = — — (11.17) 

yG x 

where Sf = f 2 - f\. Using Eq. (11.1), the shift in units of the FOV is the 
dimensionless quantity: 

SXFOV = ^- = ^f- (11.18) 

L x 2Au 

Alternatively, because N x pixels cover the FOV, the shift in pixels is: 

N x 8x N x Sf 

<$Xp ixe I = — = TT- (11-19) 

H L x 2Au 

The shift distance can be reduced by increasing the bandwidth at the expense 
of lower SNR. 

The selection of the receiver bandwidth also depends on the Bo-fit\& 
strength. At low fields (e.g., 0.2 T), chemical shift artifacts and magnetic sus- 
ceptibility artifacts are less pronounced, allowing a lower receiver bandwidth 
to be selected (e.g., ±2 kHz). The narrow bandwidth also helps to increase the 
SNR, which is particularly needed at low fields. Conversely, at high fields (e.g., 
1.5 T or 3T), a wider receiver bandwidth (e.g., 16 kHz) is required to reduce 
chemical shift and magnetic susceptibility artifacts. The higher SNR at high 
magnetic fields facilitates the choice of a wider receiver bandwidth. To keep 
the chemical shift (in pixels) constant for a particular FOV and matrix size, a 
receiver bandwidth that is linearly proportional to field strength is selected. 

For pulse sequences that use a train of gradient echoes, such as EPI, 
chemical shift occurs primarily in the phase-encoded direction. This is because 
off-resonant spins continue to accrue phase during the train of gradient echoes. 
The resulting additional phase twist accrued by the spins at any phase encod- 
ing is the same as would be accrued by an on-resonant spin displaced in the 
phase-encoded direction. The chemical shift displacement is calculated using 
Eq. (11.18), except that the bandwidth Al> corresponds to the inverse of twice 
the echo spacing. Although chemical shift in the readout direction also occurs, 
the readout bandwidth is usually much higher than the effective bandwidth 
along the phase-encoded direction. For example, for a 0.5 ms echo spacing, the 
effective phase-encoding bandwidth is ±1/(2 x 0.5 ms) = ±1 kHz, whereas 
the readout bandwidth is typically ±100 kHz or more. Chemical shift in the 
readout direction is therefore usually negligible for such pulse sequences. 
(More discussion can be found in Section 16.1.) 
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For some pulse sequences, such as EPI or spiral, that are extremely 
sensitive to off-resonance effects, it may be preferable to set the readout gradi- 
ent equal to the system maximum h and allow the operator to choose either 
the bandwidth or FOV. The remaining parameter is then fixed. This is because 
the readout gradient determines the traversal speed of k-space trajectory. From 
Eq. (11.16), the readout gradient is: 

GAt) = -^ dl-20) 

y dt 



For EPI or spiral, the use of the maximum k-space speed, and therefore the 
maximum gradient, is desirable to minimize the accumulation of phase from 
off-resonant spins. For EPI this means setting G x = h, whereas for a 2D spiral 
it means setting JG 2 + G 2 = h (see Section 17.6). Note that sometimes 

the limit of JG 2 + G 2 = h can be exceeded for an oblique prescription 
(Section 7.3). 

Example 11.1 A scanner has a maximum gradient amplitude of h = 40 mT/m 
and a maximum bandwidth of Au max — ±125 kHz. The operator has selected 
Av = ±125 kHz and L x — 18 cm. What readout gradient will be used? 

Answer Using Eq. ( 1 1 . 1 ), 

125000 Hz 



" (0.5)(42.57 x 10 6 Hz/T)(0.18m) 



= 0.0326 T/m = 32.6 mT/m 



Example 11.2 A scanner has a maximum gradient amplitude of h = 30mT/m. 
The operator has selected an EPI scan with L x = 24 cm. If the scanner auto- 
matically uses the maximum gradient amplitude for the EPI readout, what 
bandwidth will be used for the readout? 

Answer Using Eq. ( 1 1 . 1 ), 

Av = ±(0.5)(42.57 x 10 6 Hz/T)(30 x 10" 3 T/m)(0.24m) = ±153 kHz. 
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11.2 k-Space 

Early in the development of MRI it was recognized that the time-varying 
signals detected from precessing magnetization could be analyzed by follow- 
ing trajectories that evolve in a 2D or 3D space. That space corresponds to 
a domain that is Fourier conjugate to the standard spatial domain that con- 
tains the object magnetization (Likes 1981; Ljunggren 1983). The Fourier 
transform variables were given the symbol k, and the domain was called 
k-space. The k-space concept greatly simplifies the understanding of many 
pulse sequences such as echo planar imaging (EPI) or spiral, which are 
very cumbersome to analyze without it. The requirements for sampling and 
the effects of partial sampling (e.g., partial Fourier acquisition or paral- 
lel imaging) are relatively straightforward when viewed from the k-space 
perspective. 

Later it was shown that selective excitation with small flip angles also 
can be described using a k-space formalism (Pauly et al. 1989). The k-space 
concept is especially beneficial for designing and understanding variable- 
rate (Section 2.4), multidimensional (Section 5.1), and spatial-spectral 
(Section 5.4) RF pulses. In this section, we discuss k-space as it applies to MRI 
signal reception for 2D acquisition. The extension of this to 3D acquisition is 
straightforward and is discussed in Section 1 1 .6. 

11.2.1 Mathematical Description 

After demodulation to remove the rapid signal oscillation caused by the 
Bq field (see Section 11.1), the time-domain signal created by transverse 



where M±(r) is the transverse magnetization, J5j_(r) is the component of the 
receive coil B\ field that lies in the transverse plane, and the accumulated phase 
(in radians) is: 



In Eq. (11.21), M± and B± are complex quantities, f is a spatial variable; 
and d 3 r is a shorthand notation for the product of spatial differentials, for 
example, in three dimensions, d 3 r — dxdydz. We have neglected relaxation 
and diffusion effects, and the integral is taken over the entire excited portion 
of the sample. Defining: 

k(t) = ^ I G(t')dt' (11.23) 

o 

the space that k(t) resides in is known as k-space. (Some authors omit the factor 
of In in the denominator from the definition of k-space and absorb it into the 
definition of y or else use the angular frequency representation of the Fourier 
transform, see Section 1.1.) Note that k-space has units of inverse distance, 
typically inverse centimeters (cm -1 ). Also keep in mind that in Eq. (11.23) 
timekeeping begins anew whenever transverse magnetization is created by an 
excitation pulse. (Typically we take t = to be the isodelay point of the RF 
excitation pulse.) With the definition of k-space, Eq. (1 1.21) becomes: 

S(t) = f M ± (r)B ± (r)e- i2 " kU) - ? d 3 r (11.24) 

The signal S(t) is the Fourier transform (Section 1 . 1 ) of the weighted transverse 
magnetization M±(r)B±(r). The function k(t) in Eq. (11.24) is the Fourier 
conjugate variable to the spatial variable r. As time evolves, S(t) traces a 
path k(t) in k-space. For nuclei with a positive y, the direction of motion in 
k-space is the same as the gradient direction. The speed of k-space traversal is 
determined by the gradient amplitude ||G(/)H as well as by y because, from 
Eq. (11.23), \\dk/dt\\ = \\yG\\/(2jT). Equation (11.23) also shows that the 
total distance in k-space covered during any time interval is determined by 
the area under the gradient waveform G(t) during that time interval. Note 
that k-space can be interpreted as the spatial rate of change of the phase 
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(when it is measured in cycles) that stationary spins accumulate as a result 
of the gradients. Specifically, if r does not depend on time and we neglect 
gradient nonuniformity, then from Eqs. (1 1.22) and (1 1.23): 

k{t) = ^-V4>(7,t) (11.25) 

Note that, because (p is linearly proportional to ||?|[, V<£ is independent of |[?|| 
but it does depend on time. The direction of the k-space vector is therefore 
the same as the direction of the spatial variation of the phase at time /. The 
case of phase accumulation for spins moving in a gradient field is discussed in 
Sections 9.2 and 10.4. 



1 1 .2.2 k-Space Trajectory 

The k-space trajectory is the path traced out by kit). This path illustrates the 
acquisition strategy, influences which types of artifacts can result, and determ- 
ines the image reconstruction algorithm to be employed. k-Space is filled along 
the path only when MR data are actively being sampled, but it is traversed even 
when the data sampling is dormant. The most popular k-space trajectory is a 
Cartesian raster in which each line of k-space (Figure 1 1 .6a) corresponds to 
the frequency-encoding readout at each value of the phase-encoding gradient, 
with signal averaging (if any). All lines in the raster are parallel and separated 
by equal distance in k-space. The image can be reconstructed using FFTs if 
the lines of the raster and samples along each line are equally spaced (see 
Section 13.1 for a general description of FFT-based reconstruction methods). 
A typical Cartesian raster uses between 128 and 512 phase-encoded views. 
The Cartesian trajectory is popular because (unless echo-train spin refocus- 
ing is used, e.g., EPI, RARE, or GRASE) its artifacts are less objectionable 
than those from other trajectories in the presence of resonance offset, eddy 
currents, and other imperfections. One drawback of the Cartesian raster is rel- 
atively long scan times unless echo train spin refocusing is used because each 
line requires a separate RF excitation pulse (or multiple pulses, if signal aver- 
aging is used). The use of echo trains greatly increases the sensitivity to several 
artifacts. 

If a spatially selective RF pulse is used for excitation, then immediately 
after the RF pulse the transverse magnetization is dephased by the portion 
of the slice-selection gradient after the isodelay point, effectively displacing 
the k-space trajectory away from the origin in the k z direction. In 2D pulse 
sequences, a slice-rephasing lobe (Section 8.3) is usually applied to bring the 
trajectory back to k z — 0. 2D pulse sequences therefore sample the k z — plane 
of a 3D k-space, so the k z dependence can be ignored. 




FIGURE 11.6 k-Space trajectories for some commonly used 2D pulse sequences, 
(a) Cartesian raster using non-echo-train pulse sequences, (b) radial projection acquis- 
ition, (c) echo planar imaging, and (d) spiral. The dashed lines show prephasing or 
rephasing trajectories. The arrows indicate the direction of k-space traversal. 



If a Cartesian raster is used, a frequency-axis prephaser (also called a 
dephaser) gradient lobe (Section 8.1) and a phase-encoding lobe (Section 8.2) 
are applied to bring the k-space trajectory to the start of the raster line being 
sampled, as shown by the left dashed line in Figure 1 1 .6a. After travers- 
ing the raster line, some pulse sequences such as RARE or steady-state free 
precession (SSFP) return the k-space trajectory to the origin using gradient 
rephasing lobes, as shown by the right dashed line in Figure 11.6a. More 
detailed discussion is provided in the sections on these pulse sequences. 

Another k-space trajectory example is projection acquisition (PA) 
(Section 17.5), consisting of spokes that radiate out from the origin (Fig. 1 1.6b). 
PA was the first k-space trajectory used for MRI (Lauterbur 1973). Because of 
the nonuniform sampling density (the spokes are closer together near the origin 
than at the edge of k-space), PA is somewhat less efficient than a Cartesian 
raster, resulting in longer scans if the Nyquist criterion is satisfied at the edge 
of k-space. Artifacts from undersampling in the azimuthal direction are streaks 
instead of the replication or wraps that result from undersampling a Cartesian 
raster. If the streaks are not objectionable, this can result in shorter scans 
without sacrificing spatial resolution compared to a Cartesian raster. Because of 
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the high vessel intensity relative to the stationary tissue background, contrast- 
enhanced MRA is an application where angularly undersampled PA can be 
used for scan-time reduction because the resulting streaks are usually of low 
intensity and are mostly hidden by the use of maximum intensity projections. 
Different methods for traversing the radial spokes are discussed in Section 17.5. 

The EPI trajectory (Section 16.1) was developed to decrease scan time by 
speeding up the raster so that k-space is covered with a single (or few) RF 
excitation pulse(s). The number of excitation pulses required to cover k-space 
is called the number of shots. This trajectory uses a series of gradient echoes 
to cover a large number of raster lines with one RF excitation, reversing the 
direction of travel on each line (Figure 1 1 .6c). The main drawback of EPI is 
geometric distortion caused by off-resonant spins and Nyquist ghosts due to 
alternating k-space trajectory reversal. Additional discussion can be found in 
Section 16.1. 

The spiral trajectory (Section 17.6) was developed to decrease scan time 
and covers k-space somewhat more efficiently than the Cartesian trajectory. 
The number of shots in a spiral scan is also called the number of interleaves. 
Most of the efficiency comes from the fact that a relatively small number of 
interleaves (usually about 1 6) is sufficient. The trajectory usually starts at the 
origin of k-space and spirals outward. Some of the efficiency improvement 
is sacrificed because the limited-gradient slew rate results in points sampled 
closer than the Nyquist limit near the center of k-space. Spiral trajectories 
give blurring (resolution loss) when the spins are off-resonance rather than the 
geometric shifts and distortion that result with a Cartesian raster. Spiral use 
has been limited to applications with small FOVs that are near the center of the 
magnet (cardiac imaging and fMRI, for example) where blurring is minimal. 

In addition to those just discussed, many other k-space trajectories have 
been developed, such as PROPELLER (Pipe 1999), rosette (Noll 1997), and 
circular (Zhou et al. 1998). Some of these trajectories are discussed in Part V 
of this book. New trajectories have continued to emerged — a trend that will 
probably continue. 



1 1.2.3 k-Space Sampling and Coverage 

Although k-space trajectories traverse a continuous path, the signal is 
sampled only at discrete intervals along the path. Elements of the path, whether 
straight or curved, are also spaced at discrete distances. The requirement for 
sampling distance is governed by the Nyquist criterion, discussed in more 
detail in Sections 1.1,8.1,8.2, and 11.1. Generally, sample distances in k-space 
should be equal to (or smaller than) the inverse of the desired FOV. k-Space 
is sometimes undersampled to reduce scan time. If multiple receive coils are 
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used, parallel-imaging reconstruction techniques (Section 13.3) can be used 
to remove the resulting aliasing. 

If k-space is covered symmetrically in both the k x and k y directions 
for 2D pulse sequences, the acquisition is called full Fourier. Asymmetric 
sampling, covering a smaller area in either direction is called partial Fourier 
and is frequently used to reduce echo time or scan time. Special reconstruction 
methods are usually used with partial Fourier acquisition (Section 13.4). 
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11.3 Keyhole, BRISK, and TRICKS 

It is often desirable to acquire a time-resolved study to image dynamic or 
time-varying processes such as cardiac motion, fMRI task activation, contrast 
enhancement after a bolus injection, joint motion, or catheter tracking. High 
spatial resolution or large coverage is also frequently desirable in such stud- 
ies, but both decrease the maximal achievable temporal resolution. Therefore, 
imaging dynamic processes usually involves a compromise among temporal 
resolution, spatial resolution, and spatial coverage. 
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One way of achieving the compromise is through the use of partial k-space 
updating methods. These methods are frequently accompanied by recon- 
struction processing that attempts to recover some of the sacrificed spatial 
resolution or coverage based on reasonable assumptions or a priori know- 
ledge. The methods that compromise spatial resolution are called keyhole 
methods (Jones et al. 1993; Van Vaals et al. 1993), of which the blocked 
regional interpolation scheme for k-space (BRISK) and time-resolved imaging 
of contrast kinetics (TRICKS) are extensions. The methods that compromise 
spatial coverage are called reduced field of view (rFOV) methods (Hu and 
Parrish 1994). Keyhole acquisition is based on the assumption that dynamic 
information is bandlimited in k-space (i.e., image changes have low spatial res- 
olution), whereas rFOV acquisition is based on the assumption that dynamic 
information is bandlimited in image space (image changes occur only within 
a limited FOV). Keyhole and rFOV acquisition can also be combined (Parrish 
and Hu 2000). Although a detailed discussion of rFOV methods is beyond the 
scope of this book, the interested reader is encouraged to consult other ref- 
erences because keyhole and rFOV methods give different artifacts and each 
is better suited to particular applications. For example, rFOV may be more 
appropriate for cardiac imaging because the heart is often small compared to 
the FOV. 

The keyhole methods repeatedly update data in the center of k-space more 
frequently than in other parts of k-space. The various keyhole methods are 
differentiated by their k-space updating schemes and reconstruction methods. 
In comparison to parallel imaging (Section 13.3), partial k-space updating 
methods can be used with a single receiver channel, but they generally sacrifice 
some information as a result. 



11.3.1 Keyhole Acquisition 

Data Acquisition In the original keyhole method (Jones et al. 1993; 
Van Vaals et al. 1993), a small number of views, called the keyhole views, 
are repeatedly collected to monitor the dynamic process. The keyhole views 
are symmetrically located about the center of k-space. By themselves, the 
keyhole views provide a time-series of images with reduced spatial resolution 
(Figure 1 1 .7). A reference data set with the full number of views (providing full 
spatial resolution) is also collected, usually before (but in some cases during 
or after) the collection of the keyhole data. The number of keyhole views 
is usually approximately 25% of the full number of views. The high spatial 
frequencies of the reference data are combined with each set of keyhole data 
to generate a complete set of k-space data that is used to reconstruct sets 
of images. The combination can be simple substitution or more complicated 
methods, discussed later. 
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FIGURE 11.7 Example keyhole acquisition with (a) 8 keyhole views, and (b) 32 
reference views (full resolution). 

Keyhole acquisition was initially introduced to improve the temporal res- 
olution of contrast-enhanced imaging, based on the assumption that most of the 
information about the contrast bolus is contained in the low spatial frequencies 
and that information in the high spatial frequencies is relatively static. Although 
the reconstructed images have the appearance of full spatial resolution, the 
dynamically changing data are actually reconstructed with the reduced spatial 
resolution of the keyhole acquisition (Hu 1994). The high-frequency informa- 
tion can serve as an anatomic reference, but does not convey any dynamic 
information. 

Ideally, the extent of the keyhole is determined by the size of the smallest 
dynamic object to be resolved. For a given keyhole size, the smaller the object, 
the greater the error in the reconstructed image (underestimation of the image 
intensity) (Spraggins 1994). For 3D acquisitions, keyhole methods can be used 
in the phase-encoded, the slice-encoded direction, or both. Because spatial 
resolution in the slice-encoded direction is usually lower than in the phase 
direction, the keyhole fraction in the slice-encoded direction is usually larger, 
typically approximately 50%. 

Although the keyhole data are usually centered in k-space, this constraint 
is not necessary and can be a disadvantage for following the dynamic changes 
of small objects such as biopsy needles (Duerk et al. 1996). Partial-Fourier- 
type acquisitions can be used for the keyhole data, as well as for acquisition 
of k-space segments that are completely displaced from the center of k-space. 
For simplicity in the following discussion, we assume all keyhole data are 
centered. 



Reconstruction Three main reconstruction methods that have been 
applied to keyhole data (Bishop et al. 1997) are substitution, weighted 
substitution, and generalized series. A more sophisticated algorithm that 
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requires iteration can be found in Oesterle and Hennig (1998). In substitution, 
the reference k-space data are substituted for the missing high spatial 
frequencies of the keyhole data set to create composite k-space data S: 

S (km) = (keyhole (k m ) -N k /2 <m< N k /2 ^^ 

I ^reference (k m ) otherwise 

where Skeyhoie and Reference are keyhole and reference raw data, respectively; 
m is the index of the phase encode line number k m ; and N k is the number of key- 
hole views (assumed to be even). For contrast-enhanced scans, the intensity of 
^keyhole changes relative to the reference as the contrast bolus enters the imaging 
plane. This results in a discontinuity of S that can cause ringing artifacts. 

In weighted substitution, the discontinuity between Spyhole and ^reference 
is reduced by using a weighted combination of pre- and postcontrast references 
"pre and iJpost : 

S(k ) = \ Ske y ho]e(km} ~ Nk/2 - m< Nk/1 (11.27) 

[ «y e S pre (&m) + u> P ostSpost (*m) otherwise 

The weighting coefficients u> pre and u> p0 st are obtained by least-squares fitting 
of the following equation for each acquisition of Skeyhole • 

SkeyhoIe(£m) = WpreSp re (k m ) + Wpo St S post (k m ) - N k /2 < m < N k /2 

(11.28) 

In general, the fit results in a different set of w pre and w post for each point in 
the time series. Near the beginning of the time series w pre is close to 1, and 
near the end w post is close to 1 . A constraint such as w pre + w p0 st = 1 can be 
included if desired. 

In the generalized series method (reduced-encoding imaging by 
generalized-series reconstruction or RIGR) (Liang and Lauterbur 1994; Webb 
et al. 1993), the discontinuity is reduced by reconstructing the image from basis 
functions that incorporate a priori information from the reference image. The 
reconstructed image Iqs is given by: 

N k /2-\ 

ks(y)= E c ^m(y) a 1 - 29 ) 

m=-N k /2 

where the basis functions <j> m are: 

4>m(y) = \i K f(y)\e i27Tkmy (11-30) 

and / re f is the reference image. The coefficients c m are determined by requir- 
ing that the measured data within the keyhole 5k ey hoie(^m) equal the resulting 



11.3 Keyhole, BRISK, and TRICKS 387 

k-space data found from Fourier transforming /gs- It is straightforward to 
show that this constraint results in the relation: 

N k /2-l 
Skeyholefc) = J2 C,Aef (*| m -„|) ~ N k /2 < k < N k /2 (11.31) 

n=-N k /2 

Equation (11.31) can be efficiently solved for c„ by using standard numer- 
ical methods. The high spatial frequency data resulting with /gs are forced 
to be continuous with the keyhole data to order Nk/2, which reduces artifacts 
compared to the substitution method. 

Although outside the scope of this discussion, non-Fourier encoding meth- 
ods such as singular value decomposition (SVD) (Hanson et al. 1977) or 
wavelet encoding (Shimizu et al. 1999) can also be modified to use a reduced 
set of encodings, or keyhole-type acquisition, for improved temporal resolution 
in dynamic imaging. 

Applications Although keyhole acquisition has been applied to fMRI 
(Xiong et al. 1999) and cardiac imaging (Suga et al. 1999); the most com- 
mon application is contrast-enhanced imaging. Studies suggest that keyhole 
acquisition should be applied cautiously for quantitative assessment of con- 
trast kinetics. One study showed that keyhole acquisition introduces substantial 
errors into the calculation of contrast kinetic model parameters, even though 
the reconstructed images appear relatively artifact-free (Bishop et al. 1997). 
In that study, weighted substitution and generalized series modeling did not 
improve the accuracy of the fitted model parameters, even though the recon- 
structed images had fewer artifacts than with simple substitution. Increasing 
the keyhole size to match the spatial extent of the enhancing lesion improved 
model parameter accuracy. Caution is also warranted when applying keyhole 
methods to contrast-enhanced angiography because the k-space representa- 
tions of small structures such as aneurysms and tight stenoses contain high 
spatial frequencies. 

In the most common situation, k-space data are assumed to be centered 
within the keyhole window. When this assumption is violated, for example, 
due to poor shim or susceptibility gradients in scans with long echo times, 
severe distortion in the contrast uptake curve can result (Oesterle et al. 2000). 

11.3.2 BRISK 

Block regional interpolation scheme for k-space (BRISK) is an extension 
of the fundamental keyhole idea that the edges of k-space need less frequent 
updating than the center when tracking most dynamic processes. BRISK was 
originally developed to shorten acquisition times with 2D multiphase cardiac 
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scans that do not use segmented k-space acquisition (Doyle et al. 1995). In the 
conventional nonsegmented scan, one view of k-space is acquired A/ cp times per 
heartbeat for each slice, where A/ cp is the number of cardiac phases. The number 
of heartbeats required to acquire a full k-space data set for each slice is therefore 
equal to the number of k-space lines (see Section 11.5 and Figure 1 1 .23a later 
in this chapter). For a typical heartbeat of 80 beats per minute (bpm) and 
256 phase-encoding lines, the number of heartbeats is 256 x 60/80 = 192 s or 
slightly over 3 min per slice. 

Figure 1 1 .8 shows the k-space sampling schedule for BRISK, k-space is 
divided into 16 segments in this example. The cardiac cycle is divided into 
20 phases. Views in the shaded blocks are sampled; those in the unshaded 
blocks are filled in by interpolation. Views near the center of k-space (blocks 
8 and 9) are sampled on each cardiac phase. Views further from the center 
of k-space are sampled less frequently. In this example, views near the edge 
of k-space (blocks \-A and 12-16) are sampled only once per cardiac cycle. 
The sampling frequency is increased to five and ten per cardiac cycle for 
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FIGURE 1 1 .8 BRISK k-space sampling schedule. In this example, k-space is divided 
into 16 segments. The cardiac cycle is divided into 20 phases. Dark blocks indicate 
k-space segments that are sampled. Views in the segments near the middle of k-space 
are sampled on each cardiac phase (segments 8 and 9). Other views are sampled less 
frequently. Views in the segments near the edge of k-space (segments 1-5 and 12-16) 
are sampled only once per cardiac cycle. (Adapted from Doyle et al. 1995.) 
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blocks 6 and 11 and blocks 7 and 10, respectively. In doing so, the scan 
time per slice is one-fourth the conventional scan time (i.e., the number of 
the shaded blocks is one-fourth the total number of blocks in Figure 11.8). 
The original implementation of BRISK used Fourier interpolation to fill in the 
missing views at each cardiac phase. Later, linear interpolation was also used 
to increase reconstruction speed, but it was found to slightly degrade image 
quality (Doyle et al. 1997). 

BRISK can also be combined with segmented k-space acquisition (turbo- 
BRISK). One way to achieve this is to simply vary the number of views per 
segment depending on which block of k-space is collected (Doyle et al. 1997). 
Views near the center of k-space use the fewest number of views per segment, 
whereas views near the edge use the most. Missing data at each phase are filled 
in by interpolation, as usual. In addition to cardiac imaging, turbo-BRISK has 
been used for quantitative phase-contrast (velocity-encoded) imaging of aortic 
flow (Polzin et al. 1995; Doyle et al. 1999). 

BRISK has not been widely used for cardiac imaging even though, in 
principle, it allows dramatic improvements in temporal resolution. One reason 
may be that the basic assumption of keyhole techniques (that high-frequency 
information is relatively static) might be less valid for cardiac imaging than 
for contrast-enhanced imaging. 



11.3.3 TRICKS 

Time-resolved imaging of contrast kinetics or TRICKS (Korosec et al. 
1996) is another variation of the general ideas of keyhole acquisition and 
BRISK. TRICKS is usually applied to improve the time resolution of 3D 
contrast-enhanced scans. The k x — k ; plane is divided into equal areas that are 
cyclically sampled in time (here k y and k z denote the primary and secondary 
phase-encoded directions, respectively, in 3D rectilinearly sampled k-space). 
Similar to BRISK, the center area of k-space is acquired with the highest 
temporal frequency. In the original implementation, the k y — k z plane was 
divided only in the k y direction (Figure 1 1 .9a), but more recent work uses 
an elliptical-centric division (Section 1 1 .6) as shown in Figure 1 1 .9b. Usually 
four divisions are used, labeled A, B, C, and D, where section A corresponds 
to the center of k-space. Prior to the contrast injection, k-space is fully sampled 
(i.e., all views in all four sections are acquired). The resulting image can be 
used as a mask for subtraction. Subsequently, the four sections are acquired in 
the order ABACADABACAD . . . until the scan terminates. 

For example, if the time to acquire all four segments is 47, then segment 
A is acquired at intervals 27, whereas segments B, C, and D are acquired at 
intervals 6T (Figure 1 1.10a). A sliding window reconstruction (Section 13.6) 
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FIGURE 1 1 .9 Segmentation of k-space into four sections labeled A, B, C, and D for 
TRICKS acquisition, (a) Segmentation along a single dimension (e.g., the first phase- 
encoded axis k y ), and (b) elliptical-centric segmentation. (Adapted from Korosec et al. 
1996.) 

(a) ABCD ABAC AD ABAC AD... 



(b) ABCDABACADABACAD... 



FIGURE 1 1.10 (a) Temporal resolution of TRICKS k-space segments. The time to 
acquire a full k-space set is 47. The center section of k-space A is acquired at intervals 
27. Other sections are acquired at intervals 67. (b) Interpolation to reconstruct images 
at each temporal frame uses views from the two nearest acquired frames, indicated by 
arrows for each k-space segment. Note that segment D has an interpolation weight of 
unity because it is acquired during the frame being reconstructed. 



is used to calculate images at time intervals 7 by linearly interpolating between 
data for each k-space segment at the two nearest acquired frames, as shown 
in Figure 11.10b. Therefore segment A is used in the reconstruction with 
temporal resolution 27, whereas segments B, C, and D are used with temporal 
resolution 67. The temporal resolution of the center of k-space (low-spatial- 
frequency information) is therefore increased from AT to 27, relative to a 
conventional scan, in exchange for degraded temporal resolution of the higher 
spatial frequencies. In the example in Figure 11.10b, segments A, B, and C 
are interpolated from the two nearest acquired segments, indicated by arrows. 
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FIGURE 1 1 . 1 1 Segmentation of k-space for TRICKS with stacked projection acquis- 
ition. Spokes are collected in the k x — fc v plane, with segmentation in the k z direction. 
The first five spokes are shown. (Adapted from Vigen et al. 2000.) 



In this case, segment D does not require interpolation (or equivalently it has an 
interpolation weight of 1 ) because it is acquired in the temporal frame being 
reconstructed. 

Another variation, called 3D PR-TRICKS, uses stacked projection acquis- 
ition (Section 17.5), that is, projection acquisition within the k x - k y plane 
along with Fourier encoding in the slice-encoded direction k z . In this case, 
TRICKS is applied to the k z direction, which is divided into equal segments 
as shown in Figure 11.11. This method can also be combined with angular 
undersampling to further increase temporal resolution (Vigen et al. 2000). 

TRICKS has found application in the bilateral imaging of the vessels of 
the lower legs, where temporal resolution is very useful due to the different 
filling rates in each leg. With the relatively slow flow in the legs, the temporal 
resolution allowed by TRICKS (as high as 8 s for typical spatial resolution) 
is sufficiently good that a timing bolus is usually not needed. Figure 11.12 
shows six consecutive frames from a TRICKS acquisition. Each image is a 
maximum intensity projection of a stack of coronal slices. The interval between 
frames is T = 13.2 s, giving a true temporal resolution of 2T = 26.4 s for the 
center of k-space (segment A). In this example, very fast flow results in a 
venous enhancement only a few frames after arterial enhancement (arrows 
in frame Figure 11.12f). Without TRICKS, the temporal resolution would 
be AT — 52.8 s and would be insufficient to reliably capture the peak arterial 
phase. 

On the other hand, TRICKS is more difficult to apply to scans requiring 
breath-holding, such as imaging aorta and renal arteries. The breath-holding 
must be timed to coincide with the scan and bolus arrival and therefore requires 
either a timing bolus or other synchronization method. For contrast-enhanced 
imaging of the carotid, vertebral, and basilar arteries, the temporal resolution 
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FIGURE 11.12 Six consecutive frames of a TRICKS acquisition at intervals 
T = 13.2 s. Each image is a maximum intensity projection of the stack of 40 coronal 
slices. Spatial resolution is 1 . 14 x 0.85 x 2.2 mm. Fast flow results in a venous enhance- 
ment (arrows in f) only a few frames after arterial enhancement. (Images courtesy of 
J. Kevin DeMarco, M. D. Laurie Imaging Center.) 

of conventional TRICKS is sometimes insufficient because of the fast (e.g., 
5 to 9-s) venous return that causes jugular enhancement. In order to guarantee 
that a single phase is free of venous contamination and also catches the peak 
enhancement of the arterial bolus, faster methods such as PR-TRICKS with 
angular undersampling can be used. 
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11.4 Real-Time Imaging 

Imaging modalities such as ultrasound and x-ray fluoroscopy provide the 
operator with real-time feedback to tailor the examination to the specific needs 
of the patient. These real-time imaging modalities can be used to monitor 
dynamic processes, guide interventional procedures, or interactively select a 
specific imaging plane. A real-time MRI acquisition (Riederer 1 997) has the 
ability to (1) continually acquire data, (2) rapidly reconstruct and display 
the resulting images, and (3) provide the operator control to interactively alter 
the image acquisition based on the displayed images (i.e., a feedback loop). 
Thus, real-time imaging is not a particular pulse sequence but rather an acquis- 
ition strategy that can replace the standard paradigm of prescribing, acquiring, 
and displaying images one series at a time. One use of real-time imaging is to 
improve the efficiency of the entire examination. Several other applications of 
real-time MRI are outlined later in this section. 

Although early prototype real-time systems developed at academic institu- 
tions (Riederer 1997; Kerr 1997; Gmitro 1996) required customized hardware 
and software, many MR manufacturers have integrated real-time functionality 
into their standard commercial products. In addition to a rapid reconstruction 
engine and data buses, real-time MR systems must also include a pathway for 
operator-prescribed parameter changes to take effect while the acquisition is 
in progress. Figure 11.13 shows an example of a real-time control screen for 
a commercially available MRI system. The operator can interactively adjust 
the scan plane, acquisition parameters including the field of view and slice 
thickness, and others that affect the image contrast. 

In order to achieve a high temporal resolution, most real-time MRI is 
acquired in 2D sequential mode — that is, data from only one slice location are 
collected during a TR interval, as discussed in Section 1 1.5. Although other 
real-time acquisition modes are certainly possible (e.g., interleaved 2D or 3D), 
they are not in common use and are not discussed here. 



1 1 .4. 1 Real-Time Terminology 

There are several terms used to discuss real-time systems. The true tem- 
poral resolution is the number of times that a complete set of k-space views is 
acquired per unit time. Temporal resolution is measured in frames per second 
(fps) or in hertz, with 1 fps = 1 Hz. For a 2D phase-encoded acquisition the 
true temporal resolution is given by the expression: 

1 (11.32) 
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FIGURE 11.13 Example of a user interface for interactive control of a real-time 
acquisition. The hollow arrows on the image display window allow various rotation 
and translations of the image plane. (Courtesy of GE Healthcare.) 



where yv s h 0t is the number of RF excitations (i.e., TR intervals) per complete 
k-space traversal, and NEX is the number of signal averages. Note that for 
a standard 2D Fourier acquisition (i.e., echo train length = 1), the number of 
shots is simply equal to the number of phase-encoding lines, N sho t = Nphase- 
By using N shou however, Eq. (11.32) is generalized to include EPI, spiral, 
RARE, and radial acquisitions. 

The use of rectangular FOV, parallel imaging, and partial Fourier acquis- 
ition all can increase the true temporal resolution because each reduces iV s hot- 
Parallel imaging reconstruction (Section 13.3) and partial Fourier reconstruc- 
tion (Section 13.4), however, both increase computational complexity, so the 
temporal resolution improvement is only useful if the reconstruction engine 
can keep pace. 

Real-time acquisitions are also characterized by their frame rate, which is 
the number of images reconstructed and displayed per second, also measured 
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in frames per second or hertz. Sometimes the frame rate is called the apparent, 
or effective, temporal resolution. The frame rate can be greater than the true 
temporal resolution if a partial k-space updating technique (e.g., keyhole, see 
Section 11.3, or sliding window reconstruction, see Section 13.6) is used. 
The number of phase-encoded views that are updated for each reconstructed 
frame is called the glimpse size. 

Example 11.3 Consider a 2D gradient-echo real-time acquisition with 1 sig- 
nal average, 128 phase-encoding steps, and TR = 10 ms. (a) What is the true 
temporal resolution? (b) If the glimpse size is 64, what is the apparent tem- 
poral resolution? Assume that the reconstruction and display hardware can 
keep pace, so they are not the limiting factor. 

Answer 

(a) From Eq. (1 1.32), the true temporal resolution is: 

1 



" (128)(10 x 10- 3 s)(1.0) 



= 0.78 fps 



(b) If an image is reconstructed after every 64 views are acquired, the apparent 
temporal resolution is twice as great, or 1.56 fps. 

Frame rates in the 1-10 fps range are commonly achieved with real-time 
MRI. It continues to strive for the 30-fps frame rate that is typical in x-ray 
fluoroscopy, which can depict the beating heart without motion artifacts. Real- 
time MR with higher frame rates is sometimes called MR fluoroscopy, in 
analogy to x-ray fluoroscopy. Although the name real-time seems to imply 
a very rapid frame rate (e.g., 10 fps or higher), slower acquisitions can be 
classified as such provided they meet all three criteria listed earlier. An example 
is the MRI-guided breast biopsy shown in Figure 11.14. Despite the very slow 
frame rate (~0.02 fps), the spin echo series can be considered real-time because 
the images served as an interactive guide for needle placement. 

Lag or latency also characterizes a real-time system. Latency is defined as 
the time interval between when an event occurs and when an operator viewing 
the real-time images can first detect it. If the latency is too long (e.g., ~0.5 s 
or longer), the operator often makes a second parameter adjustment before 
the first one has worked its way through the system. This unwanted effect is 
familiar to anyone who has ever tried to adjust the temperature of the water 
while taking a shower. 

The total latency has several contributions, which are schematically depic- 
ted in the time line shown in Figure 1 1.15. If the event is an operator-initiated 
command to change a parameter (e.g., to increase the FOV), then the com- 
mand takes some finite amount of time Lp to be recognized and played by the 
pulse-sequence hardware that controls the gradients and RF. 
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FIGURE 11.14 Breast biopsy needle placement under MRI guidance, (a) An initial 
sequence of RF spin echo images used to place the needle, (b) Three-point Dixon 
water-specific images (Section 17.3) that confirm the contrast-enhancing lesion was 
indeed what was being biopsied. The 14-gauge core biopsy revealed infiltrating adeno- 
carcinoma. (Courtesy of Bruce Daniel, M.D., Karl Vigen, Ph.D., Claudia Cooper, Kim 
Butts, Ph.D., and the Stanford Interventional MRI team.) 
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FIGURE 11.15 Time line depicting various contributions to the latency of a real-time 
MRI acquisition. In this example, the event is a pulse-sequence parameter change ini- 
tiated by an operator's mouse click. If, instead, the event is initiated within the magnet 
bore (e.g., patient motion), then the parameter latency Lp should be set equal to 0. 
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Usually the parameter latency L P is simply the time interval between the 
event and the next time that the affected gradient lobe(s) or RF pulse(s) are 
played. An exception occurs if waveform buffering is used. To keep pace with 
waveform updates (such as incrementing the phase-encoding gradient's amp- 
litude), some MRI systems with limited computational power store ahead, 
or buffer, two or three copies of gradient and RF waveforms into memory. 
(Streaming audio broadcast over the World Wide Web similarly uses buffer- 
ing to prevent interruptions during periods of heavy network traffic.) On MR 
systems that buffer waveforms, the parameter latency L P can be increased 
by several seconds. Also note that if the event is not a parameter change but 
rather is initiated from within the bore of the magnet (e.g., a change in patient 
position or an advancing biopsy needle), then Lp does not contribute at all to 
total latency for that acquisition. 

The k-space order also affects the total latency (Busse et al. 1999). The 
gross features of an image are determined by the central k-space data. In 
phase-encoded Fourier imaging, the gross image features are controlled by 
the roughly 10% of the central k-space lines acquired with phase-encoding 
amplitude closest to zero. The k-space latency has two contributions to this type 
of acquisition: the waiting period L kA until the center of k-space is acquired 
again and the interval LkB between that acquisition of the center of k-space 
and the initiation of the reconstruction. The value of the first component LkA 
depends on when the event occurs, so it is a randomly distributed variable. The 
second component L^b, however, is determined solely by the view order. For 
example, a real-time image acquired with a reverse-centric view order (i.e., 
the center of k-space acquired last; see Section 1 1 .5 and Figure 1 1 .25 later in 
this chapter) will have a smaller value of L kB than one acquired with a centric 
or sequential view order. Note that LkA is zero if the event fortuitously occurs 
during the acquisition of the center of k-space, giving the minimal possible 
k-space latency (equal to LkB)- Any of these relationships between view order 
and latency can be modified if a sliding window reconstruction (Section 13.6) 
is used because in that case a reconstruction process can be initiated at any 
time during the acquisition. 

The amount of time L R that it takes to reconstruct and display an image is 
the last contribution to the total latency of the real-time acquisition. Depending 
on the computer architecture, Lr also might include data transfer times if the 
functions are performed by dedicated hardware components, for example, 
if the reconstruction is on an array processor. Although faster reconstruction 
engines and data buses are continually becoming available, the advent of larger 
imaging matrices (512 and 1024), parallel imaging techniques, and increased 
number of receiver channels (e.g., 8 or 16) all place heavy demands on the 
reconstruction processors. Consequently we should not assume that Lr is 
necessarily negligible, even with modern hardware. To summarize, the total 
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latency Lj of a real-time acquisition is the sum of the terms: 

L T = L P + L kA + L kB + L R . (1 1.33) 

Although the central k-space views predominantly determine the gross 
structure and contrast, all of the acquired phase-encoded views contribute to 
the image. Because they are acquired at different times, dispersion artifacts can 
result, especially when imaging moving structures. If the real-time display of a 
uniformly moving (or changing) object appears to move (or change) uniformly, 
the acquisition is said to be consistent. Specific view orders can be designed 
that minimize dispersion and maximize consistency (Busse et al. 1999). 

Even when partial k-space updating is used, the center of k-space typically 
is acquired exactly once per reconstructed frame. More frequent acquisition of 
the center of k-space is wasteful because important information is acquired but 
never displayed; less frequent acquisition of the center of k-space unnecessarily 
s the latency. 



1 1.4.2 Acquisition and Reconstruction Strategies 

Almost any MR pulse sequence can be used for real-time acquisition, 
although the temporal resolution can vary widely. This subsection describes 
several that are more commonly used. 



2D Gradient Echo Its simplicity, robustness, and speed make 2D gradi- 
ent echo (Section 14.1) a popular pulse sequence for real-time acquisitions. 
Because TR values in the range of 2-5 ms are readily obtainable with modern 
gradient hardware, temporal resolution of 5 fps or more can be achieved with 
2D gradient echo, even with full k-space acquisition (i.e., NEX = 1). Another 
advantage of a 2D gradient-recalled echo is that the Cartesian k-space raster 
simplifies reconstruction because no gridding (Section 13.2) or sophisticated 
phase correction (Section 16.1) is required. 

Real-time 2D gradient echo images are usually obtained with spoiled 
gradient echo acquisitions (Section 14.1), yielding moderately T\ -weighted 
contrast. 2D gradient echo real-time images with other contrast mechan- 
isms have also been demonstrated. Steady-state free precession (SSFP) pulse 
sequences such as true FISP (also described in Section 14.1) set up a steady 
state not only for the longitudinal but also for the transverse magnetization. 
This class of pulse sequences has the advantage of producing a more intense 
signal and the option of obtaining a bright fluid signal. One issue is that the 
steady state can take longer to establish than in the spoiled pulse sequences, 
which can be problematic for some dynamic imaging. True FISP has gen- 
erally proved to be robust for cardiac imaging, however (Lee et al. 2002; 
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Schaeffter et al. 2001). RF power deposition is another issue at field strengths 
of 1 .5 T and higher. Because true FISP acquisitions are ideally acquired with 
the minimum TR, sometimes SAR restrictions require the flip angle to be 
reduced below the range of 70-90° that typically maximizes fluid signal. 

HASTE In some applications gradient echo acquisitions are suboptimal 
because contrast weighting obtained only with RF spin echoes is desired, sus- 
ceptibility artifacts cannot be tolerated, or both. For standard RF spin echo, 
however, the temporal resolution given by Eq. (11.32) is too slow for the 
majority of real-time applications, so echo train methods are used instead. In 
order to increase the frame rate to the range of 1-2 fps, half-Fourier acquired 
single turbo spin echo (HASTE, also known as single-shot fast spin echo with 
half-Fourier acquisition; see Section 16.4) can be used. 

The string of refocusing pulses required for HASTE carries considerable 
RF energy, especially at field strengths of 1.5 T or higher. Even in non-real- 
time HASTE applications, the flip angle of the refocusing pulses is usually 
reduced from 180° to a value in the range of 120-160°. To further minimize 
patient heating, several additional strategies can be employed in real-time 
applications. These include varying the flip angle of the refocusing pulses as 
a function of position in the echo train and only acquiring an updated image 
when the operator makes a parameter change (Busse et al. 2000). 

Other k-Space Trajectories Fast imaging methods such as EPI, 
(Section 16.1), spirals (Section 17.6), and radial projection acquisition 
(Section 17.5) all can be used for real-time acquisitions. As described in each 
of their sections, these methods require additional reconstruction processing 
(e.g., row-flipping and phase correction for EPI and gridding for spirals). With 
single-shot EPI, k-space can be completely traversed in 50 ms or less, allowing 
a frame rate of 20 fps or more, provided the reconstruction is not the limiting 
factor. The SNR, however, of these acquisitions is generally low due to the 
high receiver bandwidth. Also its long readout train makes single-shot EPI 
very prone to geometrical distortion from susceptibility variation and imperfect 
shim. The use of multishot EPI can reduce these drawbacks, with a correspond- 
ing reduction in the true temporal resolution by the number of shots. (Also, 
parallel imaging can help alleviate geometrical distortion in single-shot EPI.) 
Multishot spirals and the related trajectory of circular EPI have been used for 
real-time coronary imaging (Nayak et al. 2001). True temporal resolution in 
the range of 5-10 fps is achieved with spatial resolution in the range of 1 mm, 
which is sufficient to visualize the coronary arteries. 

Radial projection acquisition is becoming a more popular real-time 
acquisition method (Schaeffter et al. 2001; Shankaranarayanan et al. 2001). 
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As described in Section 17.5, radial acquisitions can be accelerated with the 
use of angular undersampling. The less dense the angular sampling, the closer 
streak artifacts appear to the source that generates them. With moderate angu- 
lar undersampling, the streak artifacts are usually tolerable and true temporal 
resolution in the range of 10-20 fps is readily obtainable. The method is com- 
patible with a variety of gradient-echo contrast types, including true FISP 
contrast, and has been applied to real-time cardiac imaging. 

Parallel-Imaging Reconstruction Parallel-imaging methods that reduce 
the number of phase-encoding steps can be used to increase the true temporal 
resolution. In standard, non-real-time applications, SENSE (Section 13.3) is 
one of the most widely used parallel-imaging techniques. Its use for real-time 
imaging is more challenging because the reconstruction time is prolonged, 
because of not only the high number of receiver channels (e.g., 16) but 
also the complexity of the SENSE reconstruction itself. Thus, the avail- 
able temporal resolution can be limited by the reconstruction. Unaliasing 
by Fourier encoding the overlaps using the temporal dimension (UNFOLD) 
(Section 13.3) is a parallel-imaging technique that is specifically designed to 
operate on time-series of images and does not require multiple receiver chan- 
nels. A low-latency real-time system using UNFOLD is described in (Kellman 
et al. 2000). 

M-Mode Imaging In motion-mode (M-mode) ultrasound, the vertical 
axis of the gray-scale display is a spatial dimension and the horizontal axis 
represents time. Because only one spatial dimension is acquired, very high 
temporal resolution (on the order of 1 kHz) can be obtained. Real-time MRI 
has an analogous M-mode acquisition (Hardy et al. 1993). The MR M-mode 
imaging acquisition usually employs a two-dimensional RF spiral excitation 
pulse (Section 5.1) that excites a pencil-beam-shaped volume. A gradient- 
echo readout then provides spatial encoding along the long axis of the beam. 
No phase encoding is applied, so the resulting image is a line scan that 
has only one spatial dimension. Because yV s hot = 1 and TR is short (10 ms 
or less), Eq. (11 .32) implies that very high true temporal resolution can be 
achieved, even with signal averaging. The resulting image lines are displayed 
analogously to M-mode ultrasound. 

1 1.4.3 Example Applications of Real-Time MRI 

This subsection outlines two examples of widely used applications of real- 
time imaging. Many other applications have been described in review articles 
such as Riederer (1997). A detailed description of these methods is beyond 
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the scope of this book. In particular, interventional MR (Schwartz et al. 1999; 
Debatin and Adams 1998), real-time navigator echoes (Section 1 2.2) for f MRI 
studies (Ward et al. 2000), and real-time tracking of kinematic imaging of joint 
motion (Shellock et al. 1993) are very active areas. 



Interactive Scan Plan Prescription Real-time MRI allows interactive 
control of imaging parameters including the scan plane. The details of the 
control mechanisms depend on the specific interface, but the operator always 
has some ability to interactively adjust the oblique angle as well as the FOV and 
slice offsets. The operator might also have the ability to jump at any time to the 
standard axial, coronal, and sagittal planes or to other previously bookmarked 
planes. New scan planes can be conveniently defined by depositing points, for 
example, the three-point prescription described in Section 7.3. 

Interactive scan plane control has applications to a variety of imaging 
situations. Because the orientation of the heart is quite patient-dependent, 
cardiac imaging has been a natural application. Fetal imaging (Figure 1 1.16) 
is another application well suited to use of real-time imaging because the 
coordinate system that produces the anatomical axial, sagittal, and coronal 
planes varies as the fetus moves. Moreover, if the fetus moves frequently, a 
series-based scan plane selection is impractical. 

How widely real-time interactive scan plane control will eventually sup- 
plant series-based scan plane selection remains to be seen. Although it is 
less efficient, series-based scan plane selection is nearly operator-independent, 
which can be both an advantage and disadvantage. 




FIGURE 1 1.16 Single-shot fast spin-echo images of a fetus shown in three planes. 
The fetus has agenesis of the corpus callosum (seen in the axial and sagittal planes) 
and nodular irregularities of the lateral ventricles (seen in the coronal plane), consist- 
ent with heterotopia. A three-point graphic prescription was used to obtain the three 
standard imaging planes in the reference frame of the fetus. (Courtesy of Reed Busse. 
Ph.D., GE Healthcare, and Orit Glenn. M.D.. University of California San Francisco.) 
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Fluoroscopically Triggered MR Angiography Fluoroscopically trigger- 
ing contrast-enhanced 3D MR angiography is another commonly used applica- 
tion of real-time imaging. In this method, a series of real-time 2D gradient echo 
images of the artery of interest are acquired. A bolus of contrast agent is injected 
(e.g., 20 mL of a gadolinium chelate). When the arrival of the bolus is detected 
by increased signal intensity in the artery, the operator issues a single command 
that stops the 2D acquisition and starts a 3D acquisition. Usually the elliptical 
centric view order (Section 1 1 .6) is used because this will provide a high degree 
of venous suppression (Wilman et al. 1 998). Minimizing the latency of the real- 
time acquisition is important, especially for imaging the carotid arteries, where 
the jugular veins can enhance in as little as 5 s after the carotids enhance. 

The 2D real-time acquisition can be performed with a thin slice to image 
the arteries of interest in cross section. If an axial slice is used (e.g., to monitor 
the bolus arrival in the carotid arteries), spatial saturation pulses (Section 5.3) 
should be applied both superior and inferior to the slice in order to min- 
imize spurious arterial and venous signals before the arrival of the bolus. 
Alternatively, the thin slice can be replaced by a thick slice that covers the 
entire anatomy, typically in the coronal plane. In this case, a twister gradient 
(Section 10.6) is used as a high-pass spatial filter to accentuate the vessel. 
Figure 11.17 shows examples of both types of 2D real-time acquisitions and 
the resulting 3D MR angiogram. 




FIGURE 11.17 Fluoscopically triggered MR angiography of the carotids, (a) The 
arrival of the contrast bolus is tracked either with a real-time set of axial images (top 
row) or a coronal projection with a twister gradient (bottom row). When the bolus is 
detected, the 2D real-time acquisition terminates and a 3D elliptical centric acquisition 
immediately begins, (b) A coronal maximum intensity projection from the resulting 
3D acquisition. Because of the accurate fluoroscopic timing of the bolus, there is little 
venous contamination, even though the 3D acquisition time was 50 s. (Courtesy of 
John Huston, III, M.D., Mayo Clinic College of Medicine.) 
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Fluoroscopic triggering replaces the method of test bolus timing. In test 
bolus timing, a small test dose (e.g., 2 mL of a gadolinium chelate) is injected 
simultaneously with the start of a series of time-stamped 2D images. The 2D 
images are retrospectively examined, and the circulation time of the contrast 
agent is determined. Then the main bolus is injected, and the 3D acquisition is 
started after waiting the measured circulation time. Fluoroscopic triggering has 
the advantage over test bolus timing that only one injection is required, so the 
overall exam time is reduced. Also, the 2- mL test dose sometimes can cause 
an unwanted increase in background signal (e.g., in the bladder). On the other 
hand, test bolus timing has the advantage over fluoroscopic triggering in that 
the time interval between arterial and venous enhancement can be considered 
when the optimal circulation time is selected. 
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11.5 Two-Dimensional Acquisition 

MRI is a very versatile imaging modality, capable of acquiring images 
in one, two, or three spatial dimensions. Despite its historical importance, 
ID MR imaging (also known as line scan) is rarely used today except for a few 
applications such as signal tracking (Foo et al. 1997) and line-scan diffusion 
imaging (Maier et al. 1998). The vast majority of present MR applications 
employ 2D and 3D acquisitions (Section 1 1 .6). 

2D imaging, also known as planar or slice imaging, involves two main 
steps: slice selection and spatial encoding within the selected slice. Slice 
selection is typically accomplished by a gradient played concurrently with 
a selective RF pulse, as detailed in Section 8.3. Occasionally, slice selection 
is also accomplished by spatially saturating or canceling signals outside the 
slice of interest (Johnson et al. 1989). The former approach can be used for 
single- or multislice imaging, whereas the latter method is limited to a single 
slice, unless TR is much longer than T\ to allow the longitudinal magnetiza- 
tion to substantially recover to its equilibrium value. For example, in order 
for inverted magnetization to recover to 99% of its equilibrium value, TR 
must be ~ 5 x T\ . For saturated magnetization, the required TR is reduced 
to ~ 4 x T\ for the same level of recovery. Following slice selection, any of 
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several 2D spatial-encoding strategies (e.g., RF spin echo, gradient echo, EPI, 
projection acquisition, or spiral) can be used to sample k-space. A 2D image 
is then produced with an inverse 2D Fourier transform, gridding, or filtered 
back-projection of the k-space data, as described in Chapter 13 and Herman 
(1980). 



1 1 .5. 1 Sequential versus Interleaved Acquisition 

To cover an imaging volume with a 2D acquisition, multiple sections or 
slices must be acquired. The spatial information for each slice location is 
individually encoded into its own k-space data matrix. Multislice 2D imaging 
can be performed one slice at a time by acquiring all required k-space lines 
(also called k-space views) for a given slice before moving to the next slice. 
This approach is often referred to as sequential acquisition (Figure 11.1 8a). If 
signal averaging is desired, it is typically performed before moving on to the 
next k-space line. Therefore, the looping order for sequential acquisition from 
innermost to outermost is (1) signal averaging, (2) k-space lines, and (3) slice 
location, as shown in Figure 11.18a. 




FIGURE 1 1 . 1 8 (a) Sequential acquisition and (b) interleaved acquisition in 2D imag- 
ing. Each box represents a slice, and each line within the box denotes a k-space line 
(also called a k-space view; each k-space line includes signal averaging, if any). The 
time axes in (a) and (b) are not to the same scale. The looping orders for each of these 
acquisitions are summarized on the left. 
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Alternatively, the acquisition can be performed by obtaining a specific It- 
space line for multiple slice locations and then repeating the acquisition for the 
next k-space line during the next TR interval. This is known as an interleaved 
acquisition (Figure 11.18b). As in sequential acquisitions, signal averaging 
(if desired) is usually performed before moving to the next k-space line. Its 
looping order is shown on Figure 1 1 . 1 8b. 

In sequential acquisition, the magnetization within a slice is repeatedly 
excited once every TR. When TR is longer than the actual length of the 
pulse sequence waveforms (r seq ), the scanner becomes inactive for a period of 
(TR — T seq ), which is often called idle time (or dead time) (Figure 11.19). If 
we define data acquisition efficiency as the scanner-active time divided by the 
total scan time, then the longer TR is relative to T seq , the smaller the efficiency 
becomes for sequential acquisition (see Example 11.4). If, however, TR is 
approximately equal to T seq , the idle time diminishes and high data acquisi- 
tion efficiency can be achieved. Therefore, in practice, sequential acquisition 
is used only when TR ~ r seq . 

Example 11.4 A gradient-echo pulse sequence with a sequence length of 
r seq = 5 ms is employed to acquire a total of 28 slice locations from the abdo- 
men. The acquisition matrix is 256 2 for each slice, (a) If sequential acquisition 
is used with a TR of 1 50 ms and number of signal averages NEX = 1 , what is 
the idle time as a percentage of the total acquisition time and what is the data 
acquisition efficiency? (b) Repeat the calculation for TR = 6 ms. 



(a) The acquisition of each slice takes 256 sequences to complete. Thus, the 
total acquisition time is 256 x 28 x TR = 7168 x TR. As can be seen 
from Figure 1 1.19, the idle time is: 

256 x 28 x (TR - 5 ms) = 7168 x (TR - 5 ms) 





1 

— ^| Idle time 












TR 




TR 



FIGURE 11.19 Relationship among sequence length (7* seq ), TR, and idle ti 
sequential acquisition. Only two TR periods are shown in the figure. 
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If TR = 150 ms, the total data acquisition time and the idle time are: 

r scan = 7168 x 150 ms = 1075.2 s = 17.92 min 
7idie = 7168x(150-5)ms= 1039.4 s = 17.32 min 
= 96.7% of T scan 

Accordingly, the data acquisition efficiency is 1 - 96.7% = 3.3%. Thus, 
the high percentage of the idle time prolongs the acquisition time 
(~18 min.), resulting in a low acquisition efficiency, 
(b) When TR is reduced to 6 ms: 

r scan = 7168 x 6 ms = 43.0 s 

r idle = 7168x lms = 7.2s 

Or Tiaie = 16.7% of r scan , improving the data acquisition efficiency to 
83.3%. 

Unless a single-shot pulse sequence is used (e.g., single-shot EPI, 
Section 16.1), a very short TR is needed to achieve high data-acquisition effi- 
ciency with sequential acquisitions, as illustrated in Example 1 1 .4. Sequential 
acquisition is most commonly used with gradient-echo pulse sequences, in 
which the desired image contrast can be obtained when TR ~ r seq . In sequen- 
tial acquisition, all k-space data for a given slice are acquired within a time 
given by TR x A/ p h ase x NEX, where Aphase is the number of phase-encoding 
gradient steps, and NEX is the number of signal averages. (Note that we 
have assumed each pulse sequence accomplishes only one phase-encoding 
step as in conventional spin-echo or gradient-echo sequences. For echo train 
pulse sequences, the time is reduced to TR x A p h aS e x NEX/A/ et i, where A et i 
is the echo train length.) Sequential 2D acquisitions are preferred for some 
applications such as 2D time-of-flight angiography (Section 15.3). Sequential 
acquisition also can suppress motion artifacts if the motion is slow relative to 
the imaging time for a slice (i.e., TR x A p h aS e x NEX). 

In many pulse sequences, a TR time considerably longer than r seq must be 
used to achieve the desired image contrast and signal-to-noise ratio. For 
example, TR in RF spin-echo pulse sequences typically ranges from 400 
to 600 ms for good T\ contrast in human tissues. In comparison, the min- 
imum sequence length r seq of a single-echo RF spin-echo sequence is only 
approximately 15-30 ms. Under these circumstances, sequential acquisition is 
prohibitively slow and interleaved acquisition becomes the method of choice. 

In interleaved acquisition mode, data from multiple slice locations can 
be acquired within each TR (Crooks et al. 1983). Each sequence produces a 
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k-space line (or lines) at a different slice location (Figure 11.18b). In other 
word, the 'idle time' of a sequential acquisition is now used to acquire k-space 
data at other slice locations. As described in Section 7.3, the slice locations 
and orientations can be flexible — the slice planes need not be evenly spaced or 
parallel. The maximum number of slices N s iice,acq that can be acquired within 
a TR can be obtained from: 

. /TR\ „,„„ 



where int stands for 'the integer part' of its argument. If the number of the 
prescribed slices iV s ij ce is less than or equal to /V s iice,acq, all the prescribed 
slices can be acquired within the scan time given by: 

r scan = TR x yVp hase x NEX (1 1 .35) 

(Note that we have assumed that each sequence acquires one k-space line. 
Further acceleration can be achieved with echo train pulse sequences such as 
EPI and RARE.) If /V s ii ce > Nslice.acq, additional time is required to collect 
data for the remaining slices. In this case, the total scan time becomes: 

7 scan = TR x ;V phase x NEX x N acq ( 1 1 .36) 

where N acq is the total number of acquisitions required to obtain all of the 
prescribed slices. N acq is also called the number of passes or packs. 

Depending on the pulse sequence, the transmitting RF coil, the main mag- 
netic field strength, and the patient weight, Eq. ( 1 1 .34) is sometimes overridden 
by SAR limitations. If the SAR exceeds a regulatory limit for a desired value 
of AWe.acq given by Eq. (1 1 .34), then the maximum number of slices per TR 
must be reduced or TR must be increased. Either solution increases the total 
scan time, provided that the total number of slices is held constant. Some- 
times a slight increase in TR can actually reduce the total scan time because 
more slices can be incorporated into each pass and fewer passes are required 
to accommodate all the slices. 

Example 11.5 A 2D gradient-echo pulse sequence is used to acquire 24 slices 
from the liver with the following parameters: TR= 150 ms, TE = 2.0 ms, 
NEX = 1, ./Vph a se = 160, and r seq = 6 ms. (a) Assuming SAR is not the lim- 
iting factor, what is the total scan time for interleaved acquisition? (b) If SAR 
limits the maximum number of slices per acquisition to 13, what is the total 
scan time? 
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Answer 

(a) According to Eq. (1 1.34): 

/TR\ . /150\ _ 
Nslice,acq = int I — I = int I — - I = 25 

Because the prescribed number of slices is less than A4iice,acq> the total 
scan time can be calculated from Eq. (1 1.35): 

r scan = 150ms x 160 x 1 =24 s 

With this scan time, sometimes all slices can be acquired within a single 
breath-hold of the patient. 

(b) With the SAR limit, two acquisitions (N acq = 2) are required to com- 
plete the prescribed 24 slices. Thus, the total scan time, calculated from 
Eq. (11.36), is 48 s. 



1 1.5.2 Cross-Talk and Slice Ordering 

As discussed in Part II of this book, no selective RF pulse used in practice 
provides a perfectly rectangular slice profile. When an RF pulse is applied 
to a desired slice location, the regions adjacent to the slice are inevitably 
affected (Figure 1 1 .20). Magnetization in the neighboring regions (B and B' 
in Figure 1 1.20) can be partially excited or even inverted. Unless a very long 
TR time (e.g., TR > 4-5 x T\ ) is used, the perturbed magnetization will 
not fully return to its equilibrium value. When those locations are imaged in 
subsequent acquisitions, decreased image intensity and altered contrast result, 
as shown in Figure 1 1.21a. This effect is called slice cross-talk, or simply 
cross-talk. 

One way to reduce cross-talk is to place a spatial gap between adjacent 
slices. The gaps serve as a buffer against cross-talk and are not imaged during 
that acquisition (i.e., pass). Slice gaps in 2D imaging can be filled in with slices 
from a subsequent acquisition, but then, according to Eq. (1 1.36), the number 
of acquisitions A/ acq is increased, prolonging the total scan time. With gaps 
present, the multiple sections become discontinuous along the slice-selection 
direction, causing poor image quality when the slices are reformatted to other 
viewing planes. (This problem is avoided in 3D acquisitions, discussed in 
Section 1 1.6.) When a SINC pulse is used for slice selection, cross-talk can 
be rather severe due to the suboptimal slice profile (Figure 11.21a). Gaps 
as much as 50% of the slice thickness are often needed to compensate for 
cross-talk (Figure 1 1.21b). With the use of SLR (Section 2.3) or other tailored 
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FIGURE 1 1.20 Cross-talk due to out-of-slice contamination in 2D imaging. When 
slice location A is imaged, magnetization of its two neighboring slices (B and B') 
are also affected. This out-of-slice interference progressively decreases as the slices 
move away from slice A (e.g., C and C). The slice profile at slice A is shown with a 
solid line and a dashed line denoting real and imaginary magnetization components, 
respectively. 



pulses, however, the slice profile is considerably improved. A much smaller 
gap (e.g., 10% of the slice thickness) is usually adequate to produce images 
free from cross-talk (Figure 1 1.21c). 

Another approach to reducing cross-talk is to modify the slice acquisi- 
tion order. After acquiring k-space data for a given slice location using either 
sequential or interleaved acquisition, we can choose which slice to image next. 
If we choose an immediately adjacent slice (i.e., region B or B' in Figure 1 1 .20), 
the magnetization at this location is perturbed the most, resulting in severe 
cross-talk. If, however, we skip the immediately adjacent slice and start acquir- 
ing the next adjacent slice (i.e., region C or C in Figure 1 1 .20), cross-talk can be 
substantially reduced because the out-of-slice excitation usually decays rapidly 
along the slice-selection direction. After acquiring every other slice (e.g., all 
slices indexed with odd numbers) in a stack of prescribed slices (Figure 1 1 .22), 
the cross-talk effect in the remaining slices (e.g., all slices indexed with even 
numbers) can be substantially reduced by the T\ -relaxation process. At this 
point, we can return to the previously omitted slices (e.g., all slices indexed 
with even numbers, as shown in Figure 1 1 .22) and acquire them to complete 
the scan. This technique is often referred to as odd/even slice acquisition order 
(also called interleaved slice acquisition order; this should not be confused 
with interleaved acquisition). 
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FIGURE 1 1 .21 Three groups of four consecutive slices (5 mm each) acquired with 
a spin-echo pulse sequence (TR/TE = 400 ms/9 ms at 1 .5 T) using (a) SINC pulses 
with 0.5-mm gaps, (b) SINC pulses with 2.5-mm gaps, and (c) SLR pulses with 0.5-mm 
gaps, (a) When SINC pulses with 0.5-mm gaps are used, cross-talk causes image- 
intensity loss and fluctuation as well as image-contrast degradation, (b) These image 
artifacts are reduced when the gaps are increased to 2.5 mm. (c) In comparison, SLR 
pulses produce virtually no cross-talk with 0.5-mm gaps. All images are displayed at 
the same window and level. 



Odd/even slice acquisition order relies on both the rapid spatial decay 
of out-of-slice interference and efficient temporal recovery of the perturbed 
magnetization through T\ -relaxation. If the slices are acquired without skip- 
ping, then the perturbed magnetization outside the slice has a short time, on 
the order of r seq , for T\ relaxation. This is true for either sequential or inter- 
leaved acquisition (assuming TR is not limited by other factors such as SAR). 
With odd/even slice ordering, however, the magnetization recovery time is 
increased to: 

_, Ar slice Ar phase NEX , rR 
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FIGURE 11.22 Relationship between slice index and data acquisition order in 
odd/even slice ordering. The slice index represents the sequential slice location in 
an imaging volume. Slices with odd numbers are acquired first (a), followed by slices 
with even numbers (b). In interleaved acquisition, if all slices cannot be accommod- 
ated in a single TR, they are divided into multiple groups to fit each group into a TR 
duration. Although the diagram assumes the total number of the slices is even, the 
same principle is also applicable to an odd number of slices. 



in sequential acquisition and ~ TR/2 in interleaved acquisition with 7V acq = 1 . 
For yV aC q > 1, the recovery time can be considerably longer than TR/2. 

Example 11.6 Ten image slices are acquired from a phantom using a gradient- 
echo sequence with the following parameters: NEX = 1, Nphase = 128, and 
r seq = 5 ms. The RF pulse excites 20% of the longitudinal magnetization in 
regions immediately adjacent to the slice. The T\ of the phantom material 
is 300 ms. (a) If sequential acquisition is used with TR = 5 ms, calculate 
the percentage of signal saturation with and without odd/even slice ordering, 
(b) Repeat the calculation for interleaved acquisition assuming all slices can be 
accommodated within a TR of 300 ms. (c) Tabulate the start of the acquisition 
time for each slice in interleaved acquisition with odd/even slice ordering. 

Answer 

(a) The longitudinal magnetization in the region immediately adjacent to the 
imaging slice is: 

M z (t) = M Q - (Mo - M z (0))e-' /7 > (11.37) 

where Mo is the equilibrium magnetization and t is the recovery time. 
Using M z (0) = 0.8M gives: 



M z = M (l -0.2e~' /Tl ) 
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Table 11.1 
Aquisition Start Times for the Slices in Example 1 1 .6 

Slice 1 Slice 2 Slice 3 Slice 4 Slice 5 Slice 6 Slice 7 Slice 8 Slice 9 Slice 10 
OTR 0.5 TR 0.1 TR 0.6 TR 0.2 TR 0.7 TR 0.3 TR 0.8 TR 0.4 TR 0.9 TR 



Without odd/even slice ordering, the recovery time t ~ r seq = 5 ms. Using 
7i = 300 ms, Eq. (11.38) gives M z = 0.8M , indicating 20% of the signal 
is still saturated. With odd/even slice ordering, the recovery time becomes: 



2 

Substituting T\ = 300 ms and ? = 3.2s into Eq. (11.38), we obtain 
M z ~ Mq. Thus, the perturbed magnetization is fully recovered. 

(b) Without odd/even slice ordering, the result for interleaved acquisition is 
the same as that for sequential acquisition. With odd/even slice ordering, 
the recovery time is t ~ TR/2 = 150 ms. The corresponding longitudinal 
magnetization is ~ 0.88Mn, which is improved from the case without 
odd/even slice ordering. 

(c) The start of acquisition time for each slice is given in Table 11.1. 



Although odd/even slice ordering is the most popular, methods that skip 
more than one slice can also be used. For example, two slices can be skipped 
within a single pass, resulting in an acquisition order of (1, 4, 7, 10, 2, 5, 8, 
1 1, 3, 6, 9, 12) for a total of 12 slices. 

In interleaved acquisitions with /Y aC q > 1 , the slices imaged within each 
acquisition (or pass) can be grouped analogously to odd/even slice order- 
ing. For example, when A/ acq = 2, the first pass includes all odd slices and 
the second pass contains all even slices. Similarly, when A/ acq = 3, the first, 
second and third passes may include slices with indices (1, 4, 7, 10,...), 
(2, 5, 8, 11,.. .), and (3, 6, 9, 12, . . .), respectively. This allows more time for 
the magnetization perturbed by out-of-slice excitation to undergo longitudinal 
relaxation. 

Within each acquisition, cross-talk can be further reduced by carefully 
distributing or scrambling the slice order. For example, suppose slice locations 
(1,4, 7, 10, 13) are to be acquired in a pass. To reduce cross-talk, slice locations 
can be acquired in temporal order (1, 10, 4, 13, 7) or (1, 7, 13, 4, 10). The 
former is a variation of odd/even slice ordering, and the latter is very similar 
to the odd/even slice ordering described in Figure 1 1 .22. 
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1 1.5.3 Acquisition with Cardiac Triggering 

In cardiac-triggered 2D pulse sequences, either sequential or interleaved 
acquisition modes can be used. The data acquisition schemes, however, are 
somewhat different from those discussed in the previous subsection due to the 
need to synchronize each image to a specific cardiac phase. (Note that the term 
cardiac phase as used here is analogous to a phase of the moon and should not 
be confused with the phase of a complex signal.) 



Sequential Acquisition with Cardiac Triggering In sequential acquisi- 
tion, an ECG signal (see Section 12.1) triggers a pulse sequence. The sequence 
excites a specific slice and acquires a specific k-space line or view for that 
slice. Identical pulse sequences (i.e., excitation of the same slice and acquis- 
ition of the same k-space line) are repeated until the next trigger signal is 
received (Figure 1 1 .23). With the new trigger signal, a different k-space line is 
acquired, but the slice location remains the same. This process is repeated until 
all k-space lines are acquired for the slice location. Thus, for an image with 
Nphase k-space lines, a total of Nphase trigger signals are required to complete 
one slice. After the completion of the slice, acquisition will advance to the next 
slice and the same process continues until all slices are acquired, as illustrated 
by the looping structures in Figure 1 1.23. 

The number of times that data from a specific image location are acquired 
between two consecutive cardiac triggers is sometimes called the number of 
cardiac phases N cp . As depicted in Figure 1 1 .23, a total of N cp k-space data 
sets (denoted by the cardiac phase index in Figure 1 1.23) are acquired, each 
consisting of a group of k-space lines corresponding to approximately the same 
temporal point in the cardiac cycle. At each slice location, images reconstruc- 
ted from the N cp k-space data sets can be viewed as a CINE loop to reveal the 
dynamics during an averaged cardiac cycle. If there is arrhythmia, interpola- 
tion using temporal information from the ECG prior to image reconstruction 
can help to align all k-space lines of a data set to the same time point. This 
technique is referred to as CINE imaging (Waterton et al. 1985; Bohning et al. 
1990). 

In order to reduce the total imaging time of CINE, the acquisition can be 
segmented; that is, more than one k-space line can be acquired at each cardiac 
phase, as shown in Figure 11.23b (Atkinson and Edelman 1991; Hernandez 
et al. 1993). This shortens the total scan time at the expense of reduced 
temporal resolution and increased image blurring. Segmented cardiac acquis- 
itions are sometimes called FASTCARD (Foo et al. 1995). The number of 
k-space lines acquired at each cardiac phase is called the views per segment. 
To increase the effective temporal resolution or shorten the scan time, view 
sharing (Section 13.6) is often employed in the reconstruction of segmented 
cardiac acquisitions. 
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FIGURE 11.23 Sequential acquisition with cardiac trigging for (a) CINE and (b) seg- 
mented k-space. Four views per segment are used in (b). The looping structure is 
schematically shown at the bottom of each figure. 

Example 11.7 A pulse sequence with T seq = 20 ms is used to sequentially 
acquire 2D images with cardiac triggering. The R-R interval (T RR ) is 1 s, and 
triggering starts 40 ms (r de i ay ) after a QRS complex is detected. Assume 
that the heart rate is constant (i.e., no arrhythmia) and neglect the trigger 
window (discussed in Section 1 2. 1 ). (a) What is the maximal number of cardiac 
phases and what is the maximal temporal resolution? (b) If the k-space data set 
consists of 1 28 lines, what is the CINE data acquisition time for a single slice 
and for eight slices? (c) If the acquisition is segmented with four views per 
segment, recalculate the data acquisition times in (b). (d) What is the temporal 
resolution in (c)? 

Answer 

(a) The maximal number of cardiac phases is: 

_ 7 r R - r d ei ay _ 1000-40 _ 
AW ~ 7- seq -—SO - ~ 48 

The maximal temporal resolution is determined by r seq , i.e., 20 ms. 
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(b) For a single slice, the total imaging time is r scan = 128 x 7rr = 128 s. 
For eight slices in sequential acquisition, the total imaging time becomes 
T scan = 8x 128 x7r R = 1024 s. 

(c) With four views per segment, the imaging times in (b) are both reduced 
by a factor of 4: 

7 scan = 128 x 7r R /4 = 32 s for single slice 
and 

7 scan = 8 x 128 x 7r R /4 = 256 s for eight slices 

(d) With four views per segment, the true temporal resolution is reduced by a 
factor of 4 from that calculated in (a): 



In segmented k-space acquisition, pulse-sequence designers usually try to 
put the views corresponding to the center of k-space within the same segment. 
For example, if there are two views per segment and a total of eight views, 
the segments might be arranged as (2, 3), (4, 5), (6, 7), and (1, 8). Placing 
the center of k-space (views 4 and 5 in this case) within the same segment can 
reduce image artifacts if there is cardiac arrhythmia or bulk motion. 

Interleaved Acquisition with Cardiac Triggering Interleaved acquisitions 
are typically faster than sequential acquisitions because multiple slices can be 
acquired between triggers. Two interleaved acquisition schemes with cardiac 
triggering are illustrated in Figure 1 1 .24. For CINE, several slices (two slices 
are shown in Figure 1 1 .24a) are grouped together and acquired at each cardiac 
phase. The same group of slices is repeated for the subsequent cardiac phases 
after each trigger (Figure 1 1.24a). A new k-space line is acquired each time 
a trigger signal is received. As can be seen in Figure 1 1 .24a, multislice inter- 
leaved acquisition is achieved at the expense of decreased temporal resolution 
(i.e., reduced N cp ). In addition, the slices in the group are acquired at different 
time points, although they are assigned to the same cardiac phase. Increasing 
the number of slices in the group exacerbates these problems. Thus, a small 
number of slices (e.g., 2-A) are typically included in the group. The remain- 
ing slices can be acquired in the next pass (as discussed later in this section). 
For segmented acquisitions, multislice interleaved acquisition can be accom- 
plished analogously. For the acquisition scheme shown in Figure 1 1 .24b, each 
slice in the group is again acquired at a different time point, although they are 
treated as the same cardiac phase. The total number of slices per pass is limited 
by the time available for imaging after each trigger, as well as by number of 
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FIGURE 1 1.24 Interleaved acquisition schemes with cardiac trigging for (a) CINE 
and (b) segmented k-space. Four views per segment are used in (b). Two slices per 
pass are assumed, although more slices can be employed in some applications. 

views per segment for each slice. For a large number of slices, multiple passes 
are required and the scan time is prolonged. To reduce the cross-talk, the same 
strategies as discussed previously can be employed. 

Cross R-R Acquisition For noncardiac applications such as neuroimag- 
ing, sometimes cardiac triggering is also required to reduce image artifacts 
from pulsatile flow but the specific time within the R-R does not matter. 
Moreover, for 72-weighted imaging, the desired TR should be longer than a 
single R-R interval. Under these conditions, a method called cross R-R cardiac 
trigger can be used. 

The first step in cross R-R triggering is to select the number of R-R intervals 
based on the desired TR and the patient's heart rate. For example, if the heart 
rate is 80 beats per minute (bpm), and a TR of 2000 ms is desired, then the best 
choice of TR is three R-R intervals. The actual TR is 3 x (60/80) = 2.25 s, 
which is the closest value to the desired TR. The second step is to distribute 
the slices within the R-R intervals. This is analogous to dealing cards in a 
game of poker. For example, if 1 1 slices are desired in the three R-R intervals, 
then view 1 for slices (1, 4, 7, 10) is played in the first R-R interval, view 1 
for slices (2, 5, 8, 1 1) is played in the second, and view 1 for slices (3, 6, 9) is 
played in the third. The fourth to sixth R-R intervals contain view 2 for slices 
(1, 4, 7, 10), (2, 5, 8, 11), and (3, 6, 9), and so on. As described previously, 
the slices within any R-R interval can be scrambled to further reduce slice 
cross-talk; that is, within the first R-R interval we can play the slices in the 
order (1,7, 10,4). 
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1 1 .5.4 k-Space View Order 

In 2D imaging, there are many different ways to sample 2D k-space. 
Commonly used trajectories include a raster of parallel lines in Cartesian 
coordinates, and non-Cartesian rasters such as zigzag lines, spirals, and radial 
spokes, to name a few. The details of these trajectories can be found in the 
corresponding pulse sequence sections in Part V of this book. For each k-space 
pattern, there are multiple ways to arrange the order of the trajectories. This 
is often referred to as the k-space order, view order, or phase order. In the 
popular rectilinear k-space trajectory of a raster of parallel lines, there are 
three commonly used k-space orders: sequential order (from the maximum to 
minimum phase-encoding values, or vice versa; Figure 1 1 .25a), centric order 
(from the center of the k-space alternatively propagating to the two edges; 
Figure 1 1 .25b), and reverse centric order (from the two edges of k-space going 
in toward the center; Figure 1 1.25c). Some of the advantages and drawbacks 
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FIGURE 1 1.25 Three schemes to cover a 2D rectilinear k-space. (a) Top-to-bottom 
sequential, (b) Centric ordering (also known as center-out ordering), (c) Reverse centric 
ordering. Each box represents a 2D k-space raster. The arrows indicate the order of 
the k-space lines to be scanned as time progresses. k x and k v are the frequency and 
phase-encoding axes, respectively. 
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of these view orders are discussed further in Holsinger and Riederer (1990). 
Additional discussion of k-space ordering can also be found in Sections 12.3, 
16.2, and 16.4. 

Phase Cycling Unless a single-shot pulse sequence is used, 2D imaging 
requires more than one RF excitation to sample k-space. Repeated RF excita- 
tions might also be needed to average the signals in order to increase the SNR. 
Although identical RF pulses can be used, it is often beneficial to alter the 
phase of the RF pulse in successive excitations. Changing the phase of the RF 
pulses within a sequence or between sequences is known as phase cycling, a 
technique that has been extensively used in NMR spectroscopy. A compre- 
hensive discussion on phase cycling is beyond the scope of this book. Instead, 
we present here several simple examples to illustrate how phase cycling can 
be employed to eliminate image artifacts. 

Phase of the RF Pulse and Its Notation In the rotating reference frame, 
when an RF pulse with a flip angle 6 is applied along the x axis, the phase 
of the RF pulse is defined as zero by convention and denoted by 6 X or 6(0°). 
Similarly, RF pulses along the +y, -x, and -y axes have phase angles of 90°, 
180°, and 270° and are denoted by G y , 0*, and %., respectively. RF excitation 
pulses with different phases produce transverse magnetization with different 
orientation in the rotating reference frame. The relationship between the phase 
of an excitation RF pulse and the direction of its resultant magnetization vector 
is summarized in Table 1 1.2. 



Phase Cycling to Remove DC Artifacts In 2D Fourier imaging with 
rectilinear sampling, any constant (i.e., DC) signal in the receiver can produce 
a bright spot in the center of the image (Figure 1 1 .26a), which often interferes 

Table 11.2 

Radiofrequency Phase and the Direction of 

Transverse Magnetization" 



Phase of RF excitation pulse 



Transverse magnetization 



" In this table, we assume that the gyromagnetic 
ratio y is positive. For spins with negative y. the 
direction of the transverse magnetization in the 
table is reversed. 
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FIGURE 1 1.26 DC artifact removal by phase cycling, (a) A 2D image with a DC 
artifact (the star) in the center of the FOV. (b) With phase cycling, the image is shifted 
by one-half of the FOV along the phase-encoding direction (the vertical direction), but 
the DC artifact remains at the center, (c) After shifting the image by one-half of the 
FOV, the image is restored to its nominal position and the artifact is relocated to the 
edges, (d) The artifact is removed by discarding a few lines at the edges. 



with image interpretation. The artifact can also appear as a central line or zipper 
parallel to the frequency-encoded direction when the spurious signal does 
not vary as a function of phase-encoded view but varies within each readout 
window. The spot or zipper artifacts can also be broadened slightly along the 
phase-encoding direction due to slight view-to-view modulations. Examples 
of signals that produce such artifacts are receiver baseline offsets and FID or 
stimulated echo signals that are not phase-encoded (Henkelman and Bronskill 
1987). Proper phase cycling can push these artifacts to the edge of the FOV, 
where they can be cropped off by discarding a few lines at the image edge. For 
example, the phase of the RF excitation pulse can be alternated between x and x 
(or any other two opposite directions in the transverse plane) for adjacent phase- 
encoded k-space lines. This causes the 2D k-space signal to be modulated by an 
alternating positive and negative sign (see Table 1 1 .2) along the phase-encoded 
direction, which is equivalent to a linear phase modulation e~ ink >" (where k y 
is the phase-encoding index, 0, 1, 2, . . .). According to the shift theorem for 
Fourier transforms (Section 1 . 1 ), the linear phase shifts the reconstructed image 
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by one-half of the FOV, resulting in the image in Figure 1 1 .26b. Because the DC 
offset does not experience the linear phase modulation, it remains at the center 
of the FOV, as shown in Figure 1 1.26b. If we shift the image in Figure 1 1.26b 
by one-half of the FOV, the image is restored to its nominal position and the DC 
offset is placed at the edges of the FOV (Figure 1 1 .26c). Because the edge of the 
FOV typically does not contain important information, a few lines (e.g., 2-4) 
can be discarded. This produces an image free of DC artifacts (Figure 1 1.26d). 
Similarly, FID artifacts produced by incomplete crushing (Section 10.2) can 
be removed if the excitation pulse is phase cycled but the refocusing pulse 
is not. 

If an even number of signal averages is employed in the data acquisition, 
the DC artifact can also be removed by using a different method, which is 
sometimes called RF chopping. For example, if NEX = 2, the phases of the 
RF excitation pulses for each signal average can be offset by 180° (e.g., x and 
Jc), resulting in a positive and negative signal, each with a DC offset sq: 

s x =s + s (11.39) 

s - = - s + S0 (11.40) 

Subtracting Eq. (1 1.40) from Eq. (1 1.39) eliminates the DC offset and yields 
a signal twice as strong. Thus, this phase-cycling technique removes the DC 
artifacts while providing the same SNR benefit as two RF excitations with the 
same phase. Note that this phase-cycling approach does not require any image 
lines to be cropped. 



Phase Cycling within a Pulse Sequence Phase cycling can also be applied 
to multiple RF pulses played out within a single pulse sequence. An example 
is a multi-spin-echo pulse sequence where the phases of the excitation and 
refocusing pulses are offset by 90° with respect to one another. This phase- 
cycling approach is denoted by: 

(^excitation.*) — (#refocus.v) — (#refocus,v) ' • ' (#refocus,v) 

and is known as a CPMG (Carr-Purcell-Meiboom-Gill) sequence (Meiboom 
and Purcell 1958). It compensates for imperfections in refocusing pulse flip 
angles and suppresses the corresponding image artifacts. Imperfections in refo- 
cusing pulses can also be compensated for with an alternative phase-cycling 
approach: 

(^excitation,*) — (#refocus.*) ~ (#refocus.*) — (#refocus,*) — (#refocus,*) ' • • 

which is known as a CP (Carr-Purcell) sequence (Carr and Purcell 1954). 
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Intrasequence phase cycling is often combined with intersequence phase 
cycling discussed previously to remove image artifacts arising from stimulated 
echoes. An example can be found in Zur and Stokar (1987). 
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1 1.6 Three-Dimensional Acquisition 

A 3D or 3D volume MR acquisition simultaneously excites an entire set 
of contiguous slices each TR interval. The set of slices is called a chunk or a 
slab, and an individual element within the slab is called a partition, section, or 
simply a slice. The most common acquisition strategy for 3D MR imaging is 
to use rectilinear sampling (den Boef et al. 1984). In that case, the 3D volume 
is spatially encoded with phase encoding along two perpendicular spatial dir- 
ections and with frequency encoding along the third. The secondary phase 
encoding is also called phase encoding 2, or slice encoding, to distinguish 
it from the primary phase encoding (i.e., the in-plane phase-encoding). The 
resulting raw data fills a 3D k-space matrix, which is reconstructed by a 3D 
Fourier transform (Figure 11.27). Even though the slices in the 3D slab are 
acquired and reconstructed quite differently than 2D acquisitions, they both 
can be displayed as individual slices. 

3D volume acquisition can also be accomplished using a variety of non- 
rectilinear sampling methods. One method is to apply phase encoding along 
the slice direction while sampling the in-plane direction with radial pro- 
jections or spirals. This method is sometimes called a stack of projections 
or spirals. Alternatively, phase encoding can be abandoned completely by 
using a 3D-projection acquisition, in which the frequency-encoding direc- 
tion varies in three dimensions by incrementally changing the azimuthal and 




FIGURE 1 1 .27 Schematic depiction of the filling of a 3D k-space with nested looping 
of the in-plane and slice-direction phase encodings. On the top row, each line represents 
a frequency-encoded readout. When the entire 3D k-space is filled with data, a set of 
3D images can be obtained with a 3D discrete Fourier transform. 
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FIGURE 11.28 A slab of 128 1 .2-mm-thick 3D images is acquired in the sagittal 
plane at 1.5 T in 6 min. The images can be displayed in the original (a) sagittal plane 
or reformatted into the (b) coronal, (c) axial, or any oblique plane. In this acquisition, 
frequency encoding is superior-inferior, in-plane phase encoding is anterior-posterior, 
and the second phase encoding (i.e., the slice encoding) is right-left. (Courtesy of Chen 
Lin, Ph.D., Mayo Clinic College of Medicine.) 



polar angles (Lai and Lauterbur 1981; Barger et al. 2002). Each gradient 
orientation produces a k-space line in the polar coordinate. Thus, 3D k- 
space is sampled by a set of radial lines. The corresponding 3D image 
can be reconstructed using methods such as filtered back-projection or grid- 
ding (Section 13.2) followed by a 3D Fourier transform. In this section, 
we focus primarily on rectilinear k-space trajectories because they are more 
commonly used. 

3D volume acquisitions share many features with their 2D counterparts. 
Consequently this section uses the concepts phase encoding (Section 8.2) and 
slice-selection gradients (Section 8.3). The main advantage of 3D acquisitions 
is their ability to acquire thin contiguous slices that are ideal for volume render- 
ing, multiplanar reformatting (Figure 1 1 .28), or maximum intensity projection 
(MIP). The best viewing plane for a reformatted image and the best viewing 
angle for a MIP can be chosen retrospectively, after the acquisition. 3D recon- 
struction also allows zero-filled interpolation that provides overcontiguous 
(i.e., overlapping) slices and can further improve the quality of postprocessed 
images such as MIPs. Finally, 3D acquisition carries SNR implications, which 
are explored later in this section. 



11.6.1 Comparison between 2D and 3D Acquisition 

Acquisition Time Because phase encoding is performed along two spatial 
directions, the acquisition time for 3D scans is prolonged. Suppose that the 
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number of phase-encoding steps in the in-plane and slice directions are Nphasei 
and iV P hase2, respectively. Then the total time needed to acquire the data for 
the 3D slab is: 

^scan = Wphase 1 x A? P hase2 X NEX X TR (11.41) 

Equation ( 1 1 .4 1 ) is similar to the expression for 2D acquisitions (Section 11.5), 
except for the additional factor N ph . dx2 , which arises because the two phase- 
encoding gradients are incremented independently. That is, for each value of 
the in-plane phase encoding, the slice encoding must be incremented through 
all of its values. As described later in this section, a variety of view orders can 
be used. In order to generalize Eq. ( 1 1 .4 1 ) to cases such as a slice-encoded 
stack of spirals, Nphasei is replaced by the number of interleaves (i.e., shots). 
This also accounts for the reduction of imaging time when echo train methods 
are used. 

Most 3D pulse sequences use gradient echoes because their short minimum 
TR allows the acquisition to be completed in several minutes or less. 3D RF 
spin-echo acquisitions are also obtained in a reasonable scan time when echo 
train methods (e.g., RARE) are used (Oshio et al. 1991). 

Minimum Slice Thickness Thin slices can be desirable because they 
reduce partial volume averaging and reduce intravoxel phase dispersion result- 
ing from susceptibility variations (i.e., Tp or complex flow. In 2D imaging, the 
RF bandwidth A/ and the gradient amplitude G determine the slice thickness 
Az2D (see Section 8.1): 

A; 2D = ^ (11.42) 

yG 

Thus, thin 2D slices are obtained by using a large gradient amplitude or a 
narrow RF bandwidth. The gradient amplitude cannot be arbitrarily increased 
because it is a property of the gradient hardware. The maximal amplitude is 
typically 10-50 mT/m for whole-body gradient coils. The RF bandwidth also 
cannot be arbitrarily reduced because the slice profile suffers (e.g., see Eq. 2.36 
from Section 2.3) and the chemical shift artifact in the slice direction increases. 
As derived in Section 8.2 on phase-encoding gradients, the slice or parti- 
tion thickness for a 3D acquisition is inversely proportional to the area under 
the largest phase-encoding lobe. Applying Eq. (1.30) to the slice encoding 
process yields: 

Az 3D = „ * A> (11.43) 
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where Ak z is the step size in k-space from each slice encoding. The conversion 
from step size in k-space to step size in gradient area is: 



In Ak 



(11.44) 



If the slice-encoding area ranges from +A max to -A max in N p h aiie 2 steps, t 
the gradient area of each step is: 



A f phase2-1 
Combining Eqs. (1 1.43), (1 1.44), and (1 1.45) yields: 

. (A'phase2 - I)* 

Azsd = — £ : ( 1 1 -46) 

/A'phase2'4max 

Example 11.8 illustrates why 3D acquisition is often used when very thin slices 
are desired. 

Example 11.8 Suppose the maximal gradient amplitude and slew rate are 
h = 25 mT/m and Sr = lOOT/m/s, respectively, so that the ramp time is 
r = H/Sr = 250 ps. (a) Assuming the maximal gradient amplitude is used 
for slice selection, what RF bandwidth is required to obtain a 0.5-mm-thick 
slice with a 2D acquisition? (b) If a dimensionless time-bandwidth product 
of 3.0 is required to produce an acceptable slice profile, what is the RF pulse 
duration? (c) What fraction of the slice thickness is the fat-water chemical 
shift in the slice direction at 3.0 T? (d) If the 0.5-mm slice is instead obtained 
with a 64-slice 3D acquisition, what is the total duration of a trapezoidal 
slice-encoding gradient lobe? 

Answer 

(a) Substituting the maximum gradient amplitude into Eq. (1 1.42), yields: 

Af = (42.57 MHz/T) (0.5 x 10~ 3 m)(25 x 10~ 3 T/m) = 532 Hz 

(b) The pulse duration in this case is: 

TAf 3.0 

T — = = 5.6 ms 

Af 532 Hz 

(c) The fat-water chemical shift at 3.0 T is approximately 420 Hz. Therefore, 
the chemical shift artifact in the slice direction for the RF pulse bandwidth 
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calculated in (a) is 420/532, or approximately 79% of the slice thickness. 
Often this creates an artifact level that is higher than is clinically acceptable, 
(d) From Eq. (1 1.46), the area under the largest phase-encoding step is: 

_ (Nphase2 ~ i) 71 " 
Y Az /V phase 2 

From Eq. (7.8) (Section 7.1 on simple gradient lobes), its duration is: 
tt(63/64) 



Tlobe = - 

CAT lf.A\ 

250 ps 



y Azh 

(63/64) 



2(42.57 MHz/T) (0.5 x 10- 3 m)(25 x 10" 3 T/m) 
= 1.175 ms 

Note that duration of the slice-encoding lobe calculated in Example 1 1.8 
is almost five times shorter than the duration of the 2D RF excitation pulse. 
This illustrates that for sufficiently thin slices, 3D imaging provides a shorter 
minimum TE. (The value of the slice thickness for which 3D shows a substantial 
TE advantage depends on the details of the gradient hardware and the pulse 
sequence. For example, the duration of the RF pulse in a 3D gradient-echo pulse 
sequence can vary widely, e.g., from 0.5 to 5 ms.) Also (as explained later), 
the chemical shift artifact in the slice direction is less problematic for 3D. One 
limitation on the minimum slice thickness for 3D acquisitions is anatomical 
coverage because the slices are contiguous and scan time is proportional to the 
number of slices. Another limitation on minimum slice thickness is the SNR, 
which is discussed next. 

SNR Efficiency The SNR of MR acquisitions obeys the scaling relation- 
ship (Edelstein et al. 1986): 

SNR ex Ax Ay Az jT 3cqAota] (11.47) 

where the product of the three pixel dimensions (without zero-filled interpola- 
tion) Ax Ay Az is the voxel volume, and r acq , to tal is the total amount of time 
that the data acquisition window is open to sample data. (To calculate r acqi t tai 
we consider all the data that are later reconstructed with a single Fourier trans- 
form, regardless of the dimension of that transform.) The scaling relationship 
in Eq. (11.47) does not contain any information about the RF coil, the main 
magnetic field, or the physical properties of the object (e.g., relaxation times), 
so it cannot provide an absolute SNR value. 
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Because the entire 3D slab of slices is reconstructed with a single 3D 
Fourier transform, the total acquisition time includes the number of slice- 
encoding steps. Thus, for 3D acquisitions: 



SNR 3D «AiAjAz jN phase i N phase2 NEX T zcq ( 1 1 .48) 

where T acq is the time that the data acquisition window is open during each 
readout, that is, the number of frequency-encoded points divided by the full 
receiver bandwidth. For comparison, for 2D acquisitions: 



SNR 2D a Ax Ay Az jN phasel NEX T acq (11.49) 

Dividing Eq ( 1 1 .48) by ( 1 1 .49) yields: 

Because Nphasei is typically 16-128, its square root represents a very large 
increase in SNR (e.g., 400-1100%), especially because many observers can 
detect SNR differences of as little as 10%. This SNR efficiency advantage is 
illustrated by the following example: A 3D slab of 32 slices can be acquired 
with NEX = 1 in the same time (and with the same SNR) as a single 2D slice 
acquired with NEX = 32 signal averages, provided that the TR time is the 
same for both acquisitions. 

If 3D has such a great SNR efficiency advantage, then why is it not used 
more frequently? The answer is that the comparison in Eq. (11.50) is naive 
because multiple 2D slices can be interleaved (Section 11.5), which allows 
more time for T\ relaxation, and 2D regains much (if not all) of the SNR 
deficit. Recall that during 3D volume acquisitions the entire volume is excited 
each TR. If the 3D pulse sequence contains no dead time, then the sequence 
time r seq and the repetition time TR are equal. As discussed in Section 11.5 
for 2D interleaved acquisitions, however, TR can be much longer than r se q 
without adding pulse sequence dead time. If we neglect slice cross-talk for the 
2D interleaved acquisition, then TR = NT seq , where N is the number of 2D 
slices. Therefore, for pulse sequences with long TR, multislice interleaved 2D 
acquisition can be more time efficient than 3D acquisition. 

To account for interleaving and to obtain a less naive comparison of the 
SNR for 2D and 3D acquisitions requires knowledge of the T\ of the object 
and the specifics of the pulse sequence. Here we assume a single value of T\ and 
a spoiled gradient-echo pulse sequence (Section 14.1). Spoiled gradient echoes 
are commonly used for 2D and 3D acquisitions and have a simple analytical 
expression (Section 14.1) for the signal, which facilitates the calculation: 

S(TR, T u e) a Mo ^^V a * (11.51) 
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The flip angle that maximizes Eq. (1 1.51) is called the Ernst angle and is 
given by: 

E = arccos(e"- TR/7 ' 1 ) (11.52) 

Accounting for the increase in TR due to interleaving, the Ernst angle for the 
interleaved 2D is higher than for the 3D acquisition: 

6> 2D = arccosCe-^ 7 ^ 77 " 1 ) (1 1.53) 

6> 3D = arccos(e~ 7 "* /7 ' 1 ) (11.54) 

Substituting Eq. (11.52) into Eq. (1 1.51) and using sin6> = Vl -cos 2 6», the 
maximum signal is: 

-TR/7M--TE/7-* 



Vl - e -2TR/7, 

Assuming that the 2D and 3D acquisitions have roughly the same TE, the T 2 * 
dependence in Eq. (1 1.55) does not affect the relative SNR. Then, the result is 
to replace Eq. (1 1.50) by: 



SNR 3D . .,,„., 

^R^ = V^Ph^y L^/r, (1 _^W.) (1L56) 

To complete the comparison, we set the number of 2D and 3D slices equal to 
one another. The values of the relative SNRs calculated from Eq. (1 1.56) with 
Nphase2 = N are provided in Table 1 1.3. Note that in many typical combina- 
tions of T seq /T{ and the number of slices, the SNRs of 3D and interleaved 2D 



Table 11.3 

The Relative SNRs of Spoiled Gradient 

Echo 3D and 2D Interleaved 

Acquisitions" 



Tseq/Tl 



5.44 
7.69 



"Calculated with Eq. ( 1 1 .56) with A r phaS e2 = N. 
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are equal to within a few percent. Situations in which 2D oblique acquisition 
is preferable to 3D acquisition are discussed in Section 7.3. 

If T\ <g ^seq all the exponential factors in Eq. (1 1.56) are negligible com- 
pared to 1 . Then, the 3D pulse acquisition truly has a y%^2 SNR advantage 
compared to 2D. This is one of the reasons that 3D acquisitions are the method 
of choice for nuclei with very short T\ , such as sodium-23 (Perman et al. 1986). 
If T\ is much longer than the sequence time r seq , then 3D acquisitions have no 
SNR advantage. We can see from Table 1 1 .3 that 3D acquisitions also become 
more favorable as the number of slices increases. 

Truncation Artifacts and Fourier Leakage in the Slice-Encoded Direction 
Because 3D images are Fourier-encoded in all three dimensions, they can suffer 
truncation artifacts (i.e., Gibbs ringing, Section 13.1) in all three dimensions. 
Truncation artifacts arise when the spatial resolution is insufficient to depict 
rapidly varying structures, such as edges, in the object. 

Whereas in-plane truncation artifacts act the same for 3D and 2D acquisi- 
tions, truncation artifacts in the slice direction are unique to 3D. Truncation 
artifacts in the slice-encoded direction in 3D can be difficult to recognize when 
the images are viewed as standard slices because the ringing propagates from 
slice to slice. Often the truncation artifact can be more easily recognized on 
reformatted images (Figure 1 1.29). 

The best countermeasure against truncation artifact is to reduce the slice 
thickness (or to use a 2D acquisition). Thus for slice thickness greater than 
approximately 3 mm, 2D acquisitions are usually preferred. Also, as explained 
in Section 13.1, windowing the raw data prior to the Fourier transform in the 
slice-encoded direction can reduce truncation artifacts, but at the expense of 
spatial resolution. Note that zero-filled interpolation does not reduce trun- 
cation artifacts because it provides overlapping slices of the original slice 
thickness. In fact, the reduced partial-volume averaging of the zero-filled 
reconstruction can make the ringing artifacts more conspicuous on reformatted 
images. 

Whereas Gibbs ringing places a practical upper limit on the slice thickness, 
Fourier leakage artifacts place a practical lower limit on the number of encoded 
slices. Rarely are 3D acquisitions with fewer than eight phase-encoded slices 
per slab used. Bracewell (1978) discusses Fourier leakage effects in more 
detail. When fewer than approximately eight slices per slab are desired, alterna- 
tive methods to 3D Fourier encoding such as Hadamard encoding (Souza et al. 
1 988) and phase offset multiplanar (POMP, as described in Glover 1 99 1 ) should 
be considered. 

Receiver Dynamic Range Requirements Because 3D acquisitions excite 
an entire volume, the peak signal at the center of k-space is approximately 
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Figure 1 1 .29 (a) One slice from a set of 60 3-mm-thick 3D sagittal slices. A ripple 
artifact (arrow) appears as if it is caused by patient motion, (b) Reformatted coronal 
image shows the true cause of the artifact — Gibbs ringing (arrow) due to the relatively 
large slice thickness. The reformatted coronal image appears blurred due to anisotropic 
spatial resolution. 



Nphase2 times stronger than for the corresponding 2D acquisition, assuming 
equal slice thickness. This places special requirements on the dynamic range 
of the A/D converter of the receiver (Mugler et al. 2000; Oh et al. 1992). 

Many MR systems have 16-bit A/D converters, meaning digitized signals 
are represented as an integer between — 2 ' 5 + 1 and 2 ' 5 . Therefore the smallest 
positive signal that they can represent is 2° = 1 and the largest is 2 15 = 32,768, 
or 32k. This dynamic range is sufficient for most 2D acquisitions, but it is often 
insufficient for 3D imaging. To prevent overranging, the peak 3D signal must 
be scaled down to below 32k, which causes useful information that falls within 
the range of to 1 to be represented as and therefore lost. This increases 
quantization noise, which degrades the SNR. 

Several strategies can be used to avoid quantization noise in 3D acquis- 
itions. One method is simply to use an A/D converter with more dynamic 
range (e.g., 20 bits or deeper). Such A/D converters are available, but tend 
to be more expensive and can have slower digitization rates, which limits the 
maximal receiver bandwidth. A different method is to dynamically adjust the 
receiver gain throughout the acquisition (Mugler et al. 2000). For example, a 
lower receiver gain is used to acquire the center of k-space than the periphery. 
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This nonconstant receiver gain must be corrected during the reconstruction. 
If the receiver gain adjustment introduces a phase shift, it must be meas- 
ured and also corrected for during reconstruction because the MR data are 
phase-sensitive. 

A third strategy to reduce quantization noise in 3D is to use an RF excitation 
pulse with a nonlinear phase response (Oh et al. 1992), such as a minimum or 
quadratic phase pulse (Section 2.3). This strategy relies on the phase dispersion 
across the slab to reduce the peak signal. This can be an effective method, but 
is more difficult to implement for some applications such as 3D RARE (Oshio 
et al. 1991) for which it is important to maintain specific phase relationships 
between the excitation and refocusing RF pulses. 



1 1 .6.2 3D Acquisition Strategies 

Selective and Nonselective 3D Most 3D pulse sequences use selective 
RF excitation in order to limit aliasing (i.e., wrap-around) artifacts in the slice- 
encoded direction (Figure 11.30). This is called a selective 3D acquisition. 




FIGURE 1 1 .30 Pulse sequence diagram for a selective 3D gradient-echo acquisition. 
The frequency-encoded readout and in-plane phase-encoding waveforms are the same 
as a 2D pulse sequence. The slice axis has both a slab selection and a phase encoding 
gradient. In order to minimize TE, the slice-encoding gradient can be combined with 
the slice-rephasing lobe; to minimize TR, the slice-rewinding lobe can be combined 
with the end of sequence spoiler. 
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Figure 1 1.31 In nonselective 3D imaging, wrap-around or aliasing artifacts in the 
slice-encoded direction can result if the object extends beyond the FOV. (a) Each 
vertical rectangle schematically represents one slice. In this example, there are eight 
slices. The object extends into the adjacent replicate (i.e., slices la and 2a). (b) As a 
result, image numbers 1 and 2 have aliasing artifacts. 

Alternatively, nonselective 3D uses a hard pulse (Section 2.1) or a spectrally- 
selective pulse (Harms et al. 1993) for excitation. To limit aliasing, the user of 
nonselective 3D must either (1) select a field of view in both phase-encoding 
directions that is larger than the object, sometimes called oversampling the 
object, or (2) use an RF coil with a sensitive region that is smaller than the FOV, 
sometimes called oversampling the coil. Figure 1 1 .3 1 schematically illustrates 
the result of aliasing in nonselective 3D. The main advantage of nonselective 
3D is its very short minimum TE because the duration of a hard pulse is 
typically on the order of 100 ms. This section, however, focuses on selective 
3D because it is more commonly used. 

The gradient for selective 3D excitation (sometimes called the slab- 
selection gradient) is applied along the same gradient axis as slice encoding 
and limits aliasing, as depicted in Figure 1 1 .32. The amplitude of the slab- 
selection gradient is chosen so the slab thickness approximately matches the 
FOV in the slice-encoded direction A'phasei x Az: 



Gslab = 



2nAf 
K(^phase2Az) 



(11.57) 



where Az is the thickness of one slice. 

No practical RF pulse has a perfect profile. Instead, every profile has a 
nonzero transition width between the stopband and the passband, and some- 
times ripples and side lobes as well. These imperfections can cause aliasing 
in 3D imaging, especially on the end slices of the slab. Also, the flip angle 
applied to the slices that lie in the transition band of the RF profile is lower 
than in the passband, which changes the image contrast. To hide these arti- 
facts, a few (i.e., 1-4) slices are typically dropped from each end of the slab, 
like discarding the end crusts from a loaf of bread. For example, if 32 slices 
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FIGURE 1 1 .32 In selective 3D imaging, the RF profile of the slab-selection pulse 
reduces aliasing artifacts. If the RF profile is ideal, aliasing can be avoided completely. 
Here the RF profile covers the desired eight slices, so (unlike in Figure 11.31) the 
signal from the outside replicates does not wrap back in. 

are Fourier-encoded and reconstructed, we may choose only to display the 
central 28 slices. Sometimes the gradient amplitude calculated in Eq. (1 1 .57) is 
increased slightly to account for the discarded slices. Because the end slices will 
be dropped anyway, it is convenient to phase cycle the DC artifact described 
in Section 1 1.5 to the end slices (i.e., the edge of the FOV in the slice-encoded 
direction) instead of the edge of the in-plane FOV. 

Example 11.9 Consider an excitation pulse whose slice profile has a side 
lobe, as schematically illustrated in Figure 1 1.33a. Suppose that the side lobe's 
amplitude and width are 10 and 5% of the passband, respectively, (a) Estimate 
how much signal in a 2D image is coming from outside the desired slice 
because of the side lobe, (b) If the flip angle of the excitation pulse is 90°, 
estimate how much the side lobe would disturb the longitudinal magnetization 
of a neighboring 2D slice, (c) If the 3D slab comprises 64 slices, how many 
slices will the side lobe affect? (d) Estimate the strength of the image artifact 
that the side lobe produces on those 3D slices. 

Answer 

(a) The partial volume contribution from the side lobe can be estimated by 
calculating the ratio of its area to the total area under the passband. This 
ratio is approximately 10% of 5%, or 0.5%, which is usually negligible. 

(b) The flip angle produced by the side lobe is 10% of 90° = 9°. The remaining 
longitudinal magnetization in neighboring slices after experiencing the 
side lobe will be approximately cos(9°) = 0.988 of its original value. 

(c) Based on the width of the side lobe, the number of slices that are affected 
is 5% of N p hase2> or about 3 slices out of a slab of 64. 
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FIGURE 11.33 In selective 3D imaging, imperfect RF profiles of the slab-selection 
pulse cause aliasing artifacts to reappear, but at a lower intensity than nonselective 3D. 
(a) A side lobe causes aliasing artifacts on image numbers 2 and 3. Similar artifacts 
can also be caused by a broad transition region of the slice profile, (b) A coronal slice 
from the posterior part of the brain is contaminated with wraparound artifact from more 
ir slices. A faint ghost image including the neck is seen (arrow). 



(d) Each affected slice will suffer an admixture of the true signal and an artifact 
with intensity on the order of sin(9°) = 16% wrapped in from outside the 
slab, which is usually strong enough to be seen in the image as a faint ghost, 
as shown in Figure 1 1.33b. 



For the reasons illustrated in Example 11.9, a 3D RF excitation pulse 
should be designed with special attention to its profile. High values of the 
dimensionless time-bandwidth products (TAf = 5-20) are used unless over- 
riding requirements for short TE and TR demand a lower TAf.As described in 
Section 2.3, minimum phase SLR pulses make excellent 3D excitation pulses 
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because they can produce good slice profiles with short pulse duration, due 
to a small value of D^. Because the isodelay of a minimum phase pulse is 
less than one-half of its pulse width, the minimum TE is reduced. Although 
the phase dispersion across the slab is nonlinear and cannot be completely 
refocused by a linear gradient, this is rarely a problem for 3D acquisitions. 
Intravoxel dephasing in 3D is calculated by integrating the phase over a single 
slice rather than the whole slab, so it is usually negligible. Over any one slice, 
the phase dispersion can be approximated as a linear function of z, in which 
case the mathematical methods used in Section 10.6 on twister gradients can 
be used to quantify the signal loss due to intravoxel phase dispersion. As previ- 
ously discussed, the nonlinear phase of the excitation profile paradoxically can 
improve the SNR if a dynamic range-limited digitizer introduces quanitization 
noise. 

Although the slab profile determines the amount of aliasing in the slice- 
encoded direction, it has no effect on the individual slice profile. Instead, that 
is determined by the Fourier encoding and reconstruction (Section 13.1). For 
example, if no windowing is used, each slice profile will be SINC shaped. The 
idealized rectangular representation shown in Figure 11.31 is schematic and 
cannot be obtained in practice, even if windowing is applied prior to Fourier 
transform along the slice-encoded direction. 

Chemical Shift in the Slice-Encoded Direction Chemical shift in the 
slice-encoded direction displaces the profile of the selective excitation pulse, 
but does not offset the slice-encoded replicates. As illustrated by Figure 1 1 .34, 
this mismatch results in chemical shift artifacts on the end slices of the 3D slab. 





FIGURE 1 1.34 Chemical shift artifact in selective 3D. (a) The RF profile that lipids 
experience (dotted line) is offset to the left due to chemical shift, (b) This causes a 
chemical shift artifact on image numbers 6, 7, and 8. The amount of chemical shift is 
exaggerated for illustration purposes. 
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The central slices in the slab are not affected, although naturally they are also 
prone to the standard chemical shift artifact in the frequency-encoded direction 
(and the blip direction in the case of 3D echo planar imaging). Effective ways 
to counteract chemical shift in the slice direction in 3D include increasing 
the RF bandwidth of the slab-selection pulse and discarding the end slices, as 
discussed previously. 

Example 11.10 A 3D slab-selection pulse has a bandwidth of A/ = 2700 Hz. 
If 64 slices are Fourier-encoded, how many slices on each end will have an 
inaccurate depiction of lipid structures at 1.5 T? 3.0 T? Neglect the transition 
region of the RF profile and assume no end slices are discarded. 

Answer 

The fat-water chemical shift is approximately 140Hz/T. So at 1.5 T, the 
number of affected slices is: 



At 3.0 T the chemical shift frequency is doubled, so 10 slices on each end 
are affected. 



Offset Slabs Sometimes we need to offset a 3D slab to cover anatomy that 
does not lie at the isocenter of the gradients. Offsets in the frequency-encoded 
and in-plane phase-encoded directions can be accomplished as described in 
Sections 8.1 and 8.2, respectively. The theory and practice of those two offsets 
are the same for 2D and 3D imaging. 

As shown on Figure 11.35, however, two steps carried out in concert 
are required to offset in the slab direction for 3D. First, all RF pulses must 
be offset as described in Section 8.3 by adjusting their carrier frequencies. 
Second, a linear phase ramp is applied as a function of the slice encode index, 
just as off-center FOV can be achieved in the in-plane phase-encoded direction. 
(See Eq. 8.39 in Section 8.2 and replace y by z, e.g., the offset 8y becomes 
Sz.) The applied phase modulation shifts the encoded slices within the rep- 
licates, so one set of slices properly aligns with the offset profile of the RF 
pulse (Figure 1 1 .35a). The phase shifts can be applied during reconstruction, 
demodulation, or even excitation. If the receiver has a DC baseline artifact, 
however, it is best to apply the phase shift after the A/D conversion (e.g., dur- 
ing reconstruction), so that the baseline artifact is not offset onto the retained 
central slices. Note that both the RF slab profile and the phase-encoded slices 
can be offset by an arbitrary amount — the offset is not restricted to an integer 
multiple of the slice thickness. The linear phase ramp is often used to correct 
for the half-pixel offset described in Section 1.1. That correction is particularly 
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FIGURE 11.35 Slab offset in 3D. To image a set of slices that are not centered at 
gradient isocenter, the RF profile is offset by adjusting the carrier frequency and the 
encoded slices are shifted by applying a linear phase ramp. Note that images 4-8 are 
obtained from an adjacent replicate (i.e., image 4 on the right is obtained from 4a, etc.). 



important when there are a small number of slices per slab (e.g., eight) because 
the error is a relatively high fraction of the slab thickness. 



1 1.6.3 Other Technical Considerations for 
Three-Dimensional Imaging 

View orders With 2D Cartesian acquisitions (Section 11.5), the lines 
of k-space can be collected in a variety of different view orders including 
sequential, centric, and reverse centric. In 3D imaging, the view order has 
even more flexibility. One class of 3D view orders is implemented by stepping 
though each of the values on one phase-encoding axis before incrementing 
the value on the other phase-encoding axis. This is called nesting the phase- 
encoding loops. There are many possible view orders that use nested loops 
(Wilman et al. 2001). For example, either the in-plane phase encoding or the 
slice encoding can be the inner (i.e., most frequently incremented) loop. Also, 
the view order on each axis can be sequential, centric, reverse centric, and so 
forth. One strategy is to choose the slice-encoding loop to be the inner one and 
to begin the reconstruction concurrently with the acquisition by performing 
the ID FTs along the slice-encoded direction. This method has the advantage 
that at the completion of the acquisition, the raw data can be processed as if it 
were a set of multiple 2D slices. 

The elliptical centric view order (Wilman et al. 1997) and related view 
orders such as contrast enhanced timing robust angiography (CENTRA) 
(Willinek et al. 2002) replace the two nested loops with a single loop. In 
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FIGURE 1 1 .36 (a) With sequential view order and nested loops (slice-encoding is 
the innermost loop), the center of k-space (circle) is acquired approximately halfway 
through the scan, (b) With the elliptical centric view order, the center of k-space is 
acquired at the beginning of the scan by design. Each dot represents a frequency- 
encoded k-space line perpendicular to the plane. The k-space variables k v and k z 
correspond to the in-plane and slice phase-encoded directions, respectively. 



the elliptical centric view order, its distance to the origin in the k y -k z plane 
(Figure 11.36) determines the order that a particular view is played. Thus, 
elliptical centric is a true centric k-space ordering for 3D. Figure 1 1 .36 illus- 
trates the difference between standard nested loops and the elliptical centric 
view order. It is convenient to plot each frequency-encoded readout as a point, 
that is, to view the k-space lines shown in Figure 1 1 .27 head-on. Then unequal 
FOVs for the in-plane and slice-encoded directions can be represented because 
each FOV is equal to the inverse of its k-space step size l/Ak. In the reverse 
elliptical centric view order, the view order is reversed so that the acquisition 
starts at the periphery of k-space and ends at the center. Elliptical centric has 
found applications in contrast-enhanced MR angiography because the cen- 
ter of k-space can be acquired after arterial but before venous enhancement, 
providing a high degree of venous suppression. 



Multislab 3D Acquisition Sometimes it is convenient to acquire more 
than one 3D volume during a single scan. This is called multiple-chunk or 
multiple-slab (multislab) acquisition. Analogous to 2D multislice acquisitions 
(Section 11.5), 3D multislab acquisitions can be acquired in sequential or 
interleaved mode. The most well-known example of sequential multislab 3D 
is MOTSA (multiple overlapping thin slab acquisition), which is used for 
MR angiography and is described in Section 15.3. Interleaved multislab 3D is 
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convenient to use when a long TR is required. A commonly used example of 
interleaved 3D multislab acquisition is 3D RARE (Oshio et al. 1991). 

For sequential multislab 3D and interleaved 3D requiring multiple passes, 
Eq. (11.41) is modified to: 

Tscan = Wphasel X N phase2 x NEX X TR X /V acqs (1 1.58) 

where /V aC qs is the number of passes, in analogy to Eq. ( 1 1 .36) in Section 1 1 .5. 
The number of passes in a sequential 3D acquisition is equal to the number 
of slabs. 



Parallel Imaging Parallel-imaging techniques such as SENSE 
(Section 13.3) are often combined with 3D acquisitions. One reason of this 
is that SENSE does not add value when signal averaging is used (NEX > 2) 
because the same scan time versus SNR trade-off can be made more simply by 
eliminating the averaging. 3D acquisitions rarely use signal averaging because 
according to Eq. (1 1.48), the same SNR advantage can be obtained by encod- 
ing more slices. Also, 3D acquisitions have two phase-encoded directions, and 
SENSE can be applied on either one or both, which adds flexibility. If SENSE 
is applied along a single direction, then that direction is typically chosen to 
be the one with the greatest separation of the coil elements. Often this is the 
in-plane phase-encoded direction because its FOV is usually longer. An excep- 
tion occurs in the case of sagittal bilateral breast imaging, in which SENSE is 
better applied along the slice-encoded direction because the coil separation is 
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and Monitoring 



12.1 Cardiac Triggering 

Cardiac triggering (also known as cardiac gating) synchronizes a pulse 
sequence to the cardiac cycle of the patient (Lanzer et al. 1985; Shellock 
and Kanal 1996; Gatehouse and Firmin 2000). The devices most commonly 
used for cardiac triggering are the electrocardiograph and peripheral monitors. 
Cardiac triggering is used to minimize motion artifacts arising from cardiac 
motion and from pulsatile flow of arterial blood or cerebrospinal fluid. Cardiac 
triggering is also used to study cardiac motion by forming images at various 
cardiac phases. The goal of cardiac triggering is to acquire an entire set of 
k-space data at approximately the same portion of the cardiac cycle, even 
though the duration of the entire acquisition is longer than a single R-R inter- 
val. As discussed in Section 11.5, there are many methods to distribute the 
acquisition of the required k-space data over the multiple R-R intervals. 

When cardiac triggering is successful, we obtain a consistent set of k-space 
data, which yields images free of motion artifacts (Figure 12.1). That is, the 
entire set of k-space raw data is acquired when the object (e.g., the heart) 
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FIGURE 12.1 Cardiac triggering can improve image quality by providing raw data 
in which the interview motion is consistent. Short-axis view of the heart (a) without 
ECG triggering and (b) with successful ECG triggering. (Courtesy of Kiaran McGee, 
Ph.D., Mayo Clinic College of Medicine.) 

is approximately in the same location and moving with the same velocity, 
acceleration, jerk, and so on. Even if the motion introduces a nonzero phase 
shift, as long as it is consistent throughout the entire k-space it will not cause 
any artifacts on magnitude images. 

Cardiac triggering is sometimes used in conjunction with motion com- 
pensation methods such as gradient moment nulling, respiratory gating, 
and navigators. Gradient moment nulling (Section 10.4) can further sup- 
press motion artifacts because in practice it is difficult to obtain a perfectly 
consistent set of k-space data due to the beat-to-beat deviation from the 
normal rhythm of the heart known as arrhythmia. Even if the heart rate 
is perfectly regular, methods such as segmented k-space cardiac acquisi- 
tion (Sections 1 1.5 and 13.6) preclude obtaining perfect consistency because 
the data are acquired over an extended time. Gradient moment nulling is 
complementary to cardiac triggering because it can reduce intravoxel phase 
dispersion that occurs when there is rapid spatial variation of motion-induced 
phase. Because the heart moves during the respiratory cycle, cardiac trig- 
gering is also used in conjunction with respiratory gating or compensation 
(e.g., see Yuan et al. 2000) or with navigator echoes (Section 12.2) to image 
the heart. 



12.1.1 Triggering Methods 

ECG Triggering An electrocardiogram (EKG or ECG) is a plot of 
voltage versus time indicating the electrical activity of the heart muscle, as 
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FIGURE 12.2 Schematic depiction of the ECG waveform over an R-R interval. 



measured at the surface of the body (Malmivuo and Plonsey 1995) with an 
electrocardiograph. Figure 12.2 shows a schematic diagram of a normal ECG. 
The time scale of the ECG can be calculated from the patient's heart rate, or 
vice versa, because the duration of the R-R interval is: 



R-R interval [ms] = 



60,000 
Heartrate [bpm] 



(12.1) 



For example, a heartrate of 80 bpm corresponds to an R-R interval of 750 ms. 
The peak amplitude of an ECG depends on the specifics of the patient and 
measurement technique, but values on the order of 1-2 mV are typical. This 
voltage is often amplified prior to being displayed on a monitor or recorded 
on paper. 

The waves labeled in Figure 12.2 have physiological interpretations 
(Malmivuo and Plonsey 1995). The P wave indicates the activation of the 
atria, corresponding to their contraction. Activation (also called excitation or 
depolarization) is associated with the flow of positively charged sodium ions 
into cells, making the electrical potential outside negative. The QRS com- 
plex indicates the activation of the ventricles and is normally the strongest 
peak of the ECG waveform. Both the P wave and the QRS complex are 
known as depolarization waves. During the cardiac cycle, the heart muscle 
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also recovers or repolarizes. Repolarization is caused by the flow of positively 
charged potassium ions out of cells and indicates the start of muscle relax- 
ation. Repolarization of the atria occurs during ventricular activation, so the 
relatively weak ECG signal is entirely hidden by the QRS complex. Repol- 
arization of the ventricles, however, can be detected as the T wave, which is 
known as a repolarization wave. At this time, the physiological origin of the 
U wave is still an area of scientific investigation (Di Bernardo and Murray 
2002). 

The cardiac cycle can be divided into two parts, called systole and dia- 
stole. Systole corresponds to contraction of the heart muscle, whereas diastole 
corresponds to its dilatation. Electrically, ventricular systole covers the period 
from the onset of the QRS complex to the end of the T wave (Figure 12.2). 

Usually the pulse sequence is triggered when the amplitude of the R wave 
reaches its maximum voltage. To simplify the processing, sometimes triggering 
occurs when the ECG waveform exceeds a predetermined voltage threshold, 
which is called threshold detection. The QRS complex usually corresponds 
to the greatest slope of the ECG waveform, so, alternatively, triggering can 
occur when the time derivative of the voltage waveform reaches a maximum or 
exceeds a predetermined threshold. This is called peak-slope detection. Noise 
filtering of the ECG waveform prior to differentiation is especially important 
for peak-slope detection to avoid false triggers. 

The effect of the complex electrical activity of the heart at the surface of 
the body can be modeled to a reasonably good approximation by an electric 
dipole vector (Malmivuo and Plonsey 1995), indicated by the hollow arrow 
in Figure 12.3a. The strength and direction of the electric dipole vector var- 
ies throughout the R-R interval. For example, during the QRS complex the 
depolarization front travels from the right ventricle to the left ventricle, and the 
electric dipole vector points toward the left and reaches its maximal amplitude. 

The electric dipole produces an electric field, which creates a potential 
difference that is measured at the surface of the body by attaching multiple 
electrodes to the skin. Figure 12.3a shows an idealized placement of the elec- 
trodes on the right arm (RA), the left arm (LA), and the left leg (LL). This 
forms the Einthoven triangle (named for Willem Einthoven, 1860-1927, a 
Dutch physiologist and pioneer of the ECG). In practice, cardiac triggering in 
MRI is accomplished with three electrodes placed on the patient's chest (or 
back), separated from one another by about 10 cm (e.g., see Figure 12.3b). 
The labels RA, LA, and LL, however, are used for the upper right, upper left, 
and lower left electrodes, respectively. To add redundancy, some systems use 
four electrodes. In that case, the fourth electrode is sometimes placed a few 
centimeters to the (patient's) right of the LL electrode. 

From the three electrodes we can obtain voltage (i.e., potential difference) 
measurements called leads, as shown in Figure 12.3a. With the RA, LA, and 
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FIGURE 12.3 (a) Einthoven triangle shown on an anterior view with electrodes 
attached to the right arm (RA), left arm (LA), and left leg (LL). Measuring poten- 
tial differences between these electrodes provides the three leads (see Eq. 12.2). The 
electric dipole vector p (hollow arrow) is used to approximate the electrical activity of 
the heart, (b) Three-electrode placement. For ECG-triggering in MRI, the electrodes 
are often placed approximately 10 cm apart from one another on the patient's chest. 
Some systems use four electrodes instead. 

LL electrodes, we can measure: 



Vi = Vra - V LA dead I) 

Vii = Vra-V ll (lead II) (12.2) 

Vin = V LA - V LL (lead III) 

The following mnemonic device might be useful: The total number of subscript 
Ls in Eq. (12.2) matches the Roman numeral of the lead. Note that only two 
of the three leads in Eq. (12.2) are independent because the sum of the voltage 
drops around any closed loop is zero. For example, from Eq. (12.2), we can 
readily verify that: 

Vn = Vi + V m (12.3) 

In ECG triggering, we often have the option of selecting lead I, II, or III to obtain 
the best waveform. Physically, each lead corresponds to a projection of the elec- 
tric dipole vector onto a side of the Einthoven triangle. Alternatively, we can 
use information from two leads simultaneously to extract the magnitude and 
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direction of the electric dipole vector. This is called a vectorcardiogram (VCG) 
and has proved useful in rejecting false triggers from arrhythmia (Chia et al. 
2000). 



Peripheral Triggering The setup time to attach electrodes to the patient 
for ECG-triggering can be appreciable. As an alternative, cardiac triggers can 
be detected with a peripheral monitor. As its name suggests, this device is 
attached to the periphery of the body, for example, to a finger, toe, or earlobe. 
Peripheral monitors do not measure electrical activity but rather the optical 
properties of the blood (Shellock and Kanal 1996). 

There are two main types of peripheral monitors. The most commonly 
used is the cutaneous blood flow meter, which measures blood flow through 
the capillary bed by detecting the Doppler frequency shift of reflected light. 
The other class, known as pulse oximeters, is widely used in anesthesiology, 
but can be used as triggering devices as well. Pulse oximeters measure the 
attenuation of transmitted laser light. The use of two different wavelengths of 
light (e.g., 650 and 805 nm) and proper calibration allows the determination 
of the percent oxygenation of the blood. 

Due to delays in pressure wave propagation, the systolic pulse at the 
finger or toe is not simultaneous with the contraction of the left ventricle. 
Consequently the triggers detected with peripheral monitors are usually not 
synchronized with the ECG waveform and can have substantially different 
delays depending on where the probe is attached. Also the width of the peak 
of the waveform detected with peripheral monitors is much broader than that 
detected with ECG-waveforms, leading to imprecision in the triggering time. 
Still, the convenience of peripheral monitors makes them popular, particu- 
larly for neurological applications requiring triggering, such as, the cross R-R 
cardiac triggering described in Section 1 1.5. 



12.1.2 Pulse Sequence Considerations 

When a valid trigger is detected, real-time information is provided to the 
pulse sequence controller. Usually the trigger can be considered an external 
event — whether it was detected from an ECG waveform or peripheral pulse is 
not important. How the trigger is used, however, depends on whether the pulse 
sequence is prospectively triggered or retrospectively gated. For example, seg- 
mented k-space cardiac acquisition (discussed in Section 11.5) uses prospective 
triggering, whereas the CINE acquisition is retrospectively gated. 

Prospectively triggered ECG pulse sequences divide the R-R interval into 
several subintervals (Figure 12.4). The time when the pulse sequence is waiting 
for and will accept a valid trigger is called the trigger window (TW). The trigger 
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FIGURE 12.4 In a prospectively triggered ECG pulse sequence, the R-R interval is 
divided into several subintervals. The pulse sequences are played during the available 
imaging time. 



window closes when a valid trigger is detected. The time between the triggering 
event and the confirmation that a valid trigger has been detected is called the 
hardware delay or the propagation delay (PD). The propagation delay can 
include delays from digital signal processing, including noise filtering and 
other processing such as calculating the VCG from multiple leads. The smaller 
the PD the better. Typically the amount of calculation is restricted to keep the 
PD under 10 ms. 

The operator-selected delay (OSD) is the next subinterval in the R-R. If 
the goal is to maximize acquisition efficiency, then zero is selected for the 
OSD. A nonzero value of the OSD is often chosen to restrict the acquisition 
to diastole, when the heart muscle is more quiescent. 

The remainder of the R-R interval for a prospectively triggered pulse 
sequence is the available imaging time (AIT). This is the interval when the 
triggered ECG pulse sequences can play out gradient and RF waveforms and 
acquire MR data. The longer the AIT the better. From Figure 12.4 and the 
preceding discussion: 



AIT = RR - PD - OSD - TW 



(12.4) 
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where RR is the duration of the R-R interval calculated in Eq. (12.1). After 
the AIT, the trigger window opens again, and the cycle repeats until the end 
of the scan. 

Typically the trigger window is selected by the operator to be 5-20% of 
the duration of average R-R interval. According to Eq. (12.4), a longer trigger 
window reduces AIT. If, however, the heart rate increases during the scan and 
the trigger window is too short, then the next QRS complex will occur during 
the AIT before the trigger window is open, resulting in a missed beat, as well as 
possible motion contamination in the acquired data. The trigger window will 
remain open throughout that next R-R interval and trigger off the following 
QRS complex. To a listener, a missed beat sounds like a long gap in the rhythm 
of the gradient's acoustic noise. (With some ECG systems, the trigger signal 
is converted to audible tone, so a missed trigger can be easily heard that way 
as well.) The acquisition is prolonged by the product of the number of missed 
beats and the duration of an R-R interval . If a scan contains many missed beats, 
it indicates that the trigger window is too narrow. 

Occasionally the pulse sequence is too long to fit into the AIT given by 
Eq. (12.4). In that case, we can increase the AIT by intentionally triggering 
less frequently than every heart beat. If we trigger off every nth QRS complex 
(n = 2, 3, . . .) then the available imaging time becomes: 

AIT = n RR - PD - OSD - TW (12.5) 

Although this procedure increases the available imaging time, it usually 
prolongs the total scan time compared to triggering every heartbeat. Also, 
triggering less frequently than every heartbeat increases the chance of image 
artifacts, especially in the presence of arrhythmia. 

An alternative approach to triggering less frequently than every QRS com- 
plex is to prospectively estimate when the next trigger(s) would occur based 
on the current heart rate. For example, when the heart rate is ~80 bpm, the 
QRS complex is predicted to occur 750 ms, 1500 ms, 2250 ms, and so on after 
a trigger is detected. Based on this prediction, acquisition will proceed imme- 
diately after the trigger, as well as at delays of 750 ms, 1500 ms, and 2250 ms. 
If the pulse sequence fits within a single R-R interval, this method can be used 
to acquire data from multiple views or slice locations. This triggering method 
can reduce variability in TR, which can be advantageous for quantitative ima- 
ging, such as T\ mapping. Its primary drawback is that the QRS complex and 
data acquisition can easily get out of synch with a large number (e.g., three or 
more) of skipped triggers, especially in the presence of arrhythmia. 

In retrospective gating (also called retrospective triggering), pulse 
sequences are continually played while the time stamps of the ECG triggers 
are stored along with the raw data. Consequently the trigger window remains 
open throughout the entire scan. The ECG triggers are used to accept, reject, 
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or interpolate data, for example as used in the CINE phase contrast method 
(Pelcetal. 1991). 

An algorithm called arrhythmia rejection is frequently used with retro- 
spective gating. For example if two detected triggers are separated in time by 
much less than the nominal R-R interval given by Eq. ( 1 2. 1 ), the algorithm can 
assume that either a false trigger (e.g., from gradient noise) was detected or that 
the patient experienced an arrhythmia. In either case, the raw data associated 
with that time interval can be discarded and reacquired. 



12.1.3 Practical Considerations 

Reliable ECG triggering is difficult to obtain on some patients. Often 
elderly patients or patients with cardiovascular disorders produce low- 
amplitude ECG waveforms from which reliable triggers are difficult to extract. 
In this sense, ECG triggering is the opposite of gradient moment nulling, 
which is often least effective on young healthy patients who generally have 
the strongest pulsatile flow. When using the ECG hardware, it is important to 
follow the manufacturer's recommendations, which often include details about 
electrode pad placement and patient's skin condition. Normally the skin should 
be dry and shaved if necessary. It also may be helpful to prepare the patient's 
skin with a mildly abrasive cleanser. If the electrodes contain an electrolyte 
gel to aid electrical conductivity, they should be inspected prior to placement 
to ensure that they have not dried out. 

On some patients reliable ECG triggers can be obtained outside the MRI 
scanner, but are more difficult to obtain during the acquisition. Figure 12.5a 
shows the ECG trace of a normal volunteer outside the magnet. When the 
volunteer is brought inside the field (a cylindrical-bore 1.5-T magnet in this 
case), the ECG waveform is distorted (Figure 12.5b). This distortion is due 
to surface potentials arising from Lorentz force (named after Hendrik Antoon 
Lorentz, 1853-1928, a Dutch physicist) F on ions in the flowing blood in the 
magnetic field Bq: 

F=qvxB (12.6) 

where v is the velocity of the blood. Ions of opposite charge q are deflected in 
opposite directions, which sets up an electric field. (This is analogous to the 
Hall effect in metals, which is explained in most college-level general physics 
texts. The effect is named after Edwin Herbert Hall, 1855-1938, an American 
physicist.) The net result of this electric field is to create a surface potential that 
distorts the ECG waveform. Because the T wave is usually the most severely 
distorted, this effect is sometimes called the elevated T wave. As can be seen 
from the vector cross product in Eq. (12.6), the amount of ECG distortion 
increases with the strength of the main magnetic field Bq. 
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FIGURE 12.5 ECG waveforms from lead II of a healthy volunteer with heart rate 
of 50 bpm. (a) The volunteer is outside the main magnetic field, and a good ECG 
waveform is obtained, (b) The volunteer is inside the 1.5-T So field, leading to an 
elevated T wave and other distortion, (c) During application of the imaging gradients 
the ECG waveform is further distorted. (Courtesy of Kiaran McGee, Ph.D., Mayo 
Clinic College of Medicine.) 



The ECG waveform is further distorted when the imaging pulse sequence 
begins and gradient waveforms are activated (Figure 12.5c). This is because 
the changing magnetic field associated with gradient slewing induces spurious 
voltage in conducting wires that carry the ECG voltage signal from the elec- 
trodes to the processing hardware outside the magnet. The use of fiber optic 
links (Amoore and Ridgeway 1989) can minimize the length of the conducting 
cables and greatly reduce this distortion. 

Many filtering methods have been applied to the ECG waveform to 
improve the extraction of reliable triggers (Rokey et al. 1988; Kreger and 
Giordano 1995). Adaptive filtering is a digital signal-processing method that 
is also used to reduce the gradient noise on the ECG waveform (Rokey et al. 
1988). The concept behind adaptive filtering is that the pulse sequence controls 
the gradients, so it has detailed knowledge about the shape and timing of those 
waveforms. The inputs to each of three physical gradient waveforms are sent 
to hardware that processes the ECG signal, where they are used as a noise 
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reference to help provide a cleaner ECG waveform. In the method described 
in Kreger and Giordano (1995), the gradient signals are individually differen- 
tiated and low-pass filtered. The resulting signal is then input to a digital filter 
that has adjustable coefficients. The output of the filter is subtracted from the 
ECG signal. 

Because of the distortions caused by the #o and gradient magnetic fields, 
the ECG trace generally should not be used for diagnostic purposes or for 
physiological monitoring (other than triggering). It should be assumed that the 
waveform distortion masks subtleties that are apparent on a diagnostic ECG 
waveform, such as Q waves and the QRS duration. 

The RF field can cause heating of conducting wires. In addition to picking 
up spurious voltage signals from gradient slewing, conducting wires used 
to carry ECG signals have also caused patient burns (Dempsey and Condon 
2001) during MRI exams. Burns have also been reported with the use of pulse 
oximeters that have conducting cables. The use of fiber optic links or high- 
impedance carbon fiber cables can reduce the likelihood of burns. (The fiber 
optic cable itself does not conduct electricity, so it does not heat up at all.) 
Again, it is important to follow the manufacturer's recommendations, which 
often include not looping any conducting cables and also keeping them away 
from the bore wall where the RF electric field tends to be highest when the 
RF body coil is used for transmission. 

Peripheral pulse monitoring tends to be less challenging for the operator 
than ECG triggering. The patient setup time is much shorter, and most patients 
produce a usable signal. A common exception occurs when the patient wears 
opaque nail polish that blocks the light, but that can usually be removed easily. 
Because the triggers obtained with peripheral pulse monitoring are delayed 
relative to the electrical activity of the heart, it is not the primary choice for 
cardiac imaging. Often peripheral triggering serves as a backup when a good 
ECG signal cannot be obtained. As long as the heart rate is constant, any delays 
in the peripheral triggers relative to the ECG are not especially problematic. If, 
however, the patient experiences arrhythmia, cardiac images usually contain 
artifacts when peripheral triggering is used. This is because the delayed peri- 
pheral trigger is not truly a real-time monitor but rather provides information 
about a previous heartbeat. 
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12.2 Navigators 

Patient motion is a common source of MRI artifacts, including ghosting, 
blurring and image misregistration. Examples of patient motion include large- 
scale motion (sometimes called bulk motion), cardiac motion, respiration, 
gastrointestinal peristalsis, blood flow, CSF flow, and brain motion due to CSF 
pulsations. Bulk motion artifacts can sometimes be reduced by using patient 
restraints (common in fMRI studies). Fiducial markers can be used for dynamic 
scan plane tracking and retrospective bulk motion correction (Korin et al. 1995; 
Derbyshire et al. 1998), but the technique has never become widely used in 
clinjcal practice. Blood flow effects can be reduced by use of pulse sequences 
with gradient moment nulling (Section 10.4) (i.e., flow compensation). Blood 
flow, cardiac motion, and CSF pulsation artifacts can be reduced or eliminated 
using cardiac triggering (Section 12.1). Respiration artifacts can be reduced 
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using ultrafast imaging, breath-holding, respiratory gating, or respiratory phase 
encode reordering (Section 12.3). However, uncooperative patients may induce 
large bulk motion artifacts and make breath-holding problematic. Even with 
cooperative patients and careful breath-holding, small amounts of residual 
motion can create substantial artifacts. 

There are several different types of motion that corrupt MR images. For 
most pulse sequences, interview motion (motion between views) is a bigger 
problem than intraview motion (motion within a view). For multishot diffusion- 
weighted imaging (DWI), the large diffusion-weighting gradients at each shot 
create substantial phase errors if motion occurs during their application. This 
is called intrashot motion. Variation in the phase errors among shots creates 
image artifacts. For multishot DWI, intrashot motion is usually the dominant 
source of motion artifacts. 

Navigators (or navigator echoes) are a method to monitor and correct 
motion artifacts (Ehman and Felmlee 1989). A navigator acquires a partial 
set of k-space data that is processed to track one or more effects of patient 
motion, for example, head translation and rotation or diaphragm position. The 
navigator echoes are interleaved within the normal acquisition of the image 
data. A key assumption in the use of navigators is that negligible motion takes 
place between the navigator and the acquired view(s) to be corrected. 

The navigator data are used either prospectively or retrospectively. In 
prospective correction, the navigator data are used to modify the subsequent 
imaging acquisition to prevent artifacts. Retrospective navigator data are used 
to correct the image or raw data after the scan is completed. Prospective correc- 
tion requires sufficient real-time processing capability to complete any required 
computations, so that the acquisition of subsequent views can be modified in 
time. This can limit the complexity of the algorithm or impose a minimum 
time between the navigator and subsequent imaging acquisition. 

The choice of navigator and the processing method both depend on the 
specific application. In the following discussion, we consider general methods 
for navigator acquisition and processing and the methods to correct motion 
using the navigator results. Additional details for the use of navigators in 
cardiac imaging (Firmin and Keegan 2001), fMRI (Ward et al. 2000), and 
diffusion-weighted imaging (Norris 2001) are then given. Although these are 
the most common applications, navigators have also been used for motion 
correction in spectroscopy (Thiel et al. 2002), microscopy (Song and Wehrli 
1999), and arterial spin tagging (Spuentrup et al. 2002); for real-time shim 
adjustment (Ward et al. 2002); and for B -shift correction (Hinks et al. 2001). 
Navigators are also used to monitor signals in dynamic studies and bolus 
arrival in contrast-enhanced angiography. The discussion of navigators in this 
section is limited to motion monitoring and correction. 
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12.2.1 Rigid Body Motion 

Before discussing navigator pulse sequences and processing, let us briefly 
review the effects of motion on MRI data. In some applications, especially for 
head imaging, both interview and intraview patient motion can be modeled 
as rigid body motion, consisting of a translation plus a rotation. According to 
the Fourier shift theorem, a displacement of the object by vector distance T 
results in motion-corrupted raw data S m (k) given by: 

S m (k) = S s (k)e i27Tlf (12.7) 

where S s (ic) is the data for a stationary object. Interview translation therefore 
results in k-space data that has a linear phase shift that is proportional to the 
object translation distance. 

Consider a rotation whose axis passes through the center of the imaging 
volume. Interview rotation of the object rotates the k-space data about the same 
rotation axis and by the same rotation angle as the object. In a 2D acquisition, 
the rotation- and translation- corrupted k-space data S m (k, 6) are given in polar 
coordinates (it, 6) by (Ward et al. 2000): 

S m (k, 6) = S s (k, 6 - a y2**(*ocos0+yosin0) (128) 

where a is the rotation angle and (xq, jo) are the coordinates of any translation 
that might have occurred. The magnitude of the k-space data is thus affected 
only by rotation, whereas the phase is affected by both rotation and translation. 
Rotations whose axes do not pass through the center of the imaging volume 
can be expressed as a three-step process: translation to register the rotation 
axis with the image center, rotation, and translation back. The net effect of the 
two additional translations will modify, but can be absorbed into, parameters 
(jt , yo) in Eq. (12.8) (Lee et al. 1998). 

The effects of rigid body motion in multishot DWI are dominated by 
intrashot motion due to the large diffusion-weighting gradients and typic- 
ally have a negligible contribution from the imaging gradients. These effects 
are somewhat different than the ones already discussed. For intrashot motion 
with DWI, the corrupted raw data S m (k) are given by (Anderson and Gore 
1994): 

S m (k) = S s (k + M)e l * (12.9) 

The phase <p (in radians) and k-space shift Ak are given by: 

4> = yl (di-f^dt (12.10) 
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and, for small-angle rotations: 

Ak = 



2jt 



/(' 



G d x®)dt 



(12.11) 



where G&(t) is the diffusion-sensitizing gradient (negated in sign by an odd 
number of subsequent refocusing RF pulses). T(t) is the object translation 
vector, and 0(r) is a vector that points in the direction of the rotation axis and 
whose magnitude equals the rotation angle (in radians). 

12.2.2 Navigator Data Acquisition and Processing 

Navigators can use ID, 2D, or 3D k-space trajectories. The simplest 
navigator is a ID or linear navigator (Ehman and Felmlee 1989), which 
acquires one line of data passing through the origin of k-space (Figure 12.6a), 
usually along the k x , k y , or k z axis. The RF excitation pulse for a linear nav- 
igator can excite a column, a slice, or a thick slab of spins. Note that linear 
navigators are the same as the ID projections that are sometimes used as refer- 
ence acquisitions for echo train pulse sequences (see Section 10.3). The Fourier 






Figure 12.6 k-space trajectories for (a) linear, (b) 2D spiral, (c) 2D EPI, (d) 3D 
spherical, and (e) 2D orbital navigators. 
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transformation of the navigator data is a projection orthogonal to the navigator 
readout gradient direction. A linear navigator allows object translation in the 
navigator readout direction to be monitored during the scan. 

The linear navigator data can be processed in several ways to determine the 
object translation. The most common methods are correlation and least-squares 
fitting. In the correlation method, the estimated object translation distance d 
maximizes: 

c(d) = J2\ p n(Xj -d)\\P T (Xj)\ (12.12) 

where P n (xj) is the complex navigator projection (Fourier transform of the 
navigator raw data) for the current view and P r (xj)\s the projection of a ref- 
erence navigator, usually acquired at the beginning of the scan. The sum in 
Eq. (12.12) is usually taken over a subset of the projection containing the 
highest signal or desired edges (e.g., the diaphragm). 

In the least-squares method the estimated object displacement d 
minimizes: 

1(d) = J^ (\Pn(Xj-d)\ - \P t (xj)\) 2 (12.13) 

j 
where, again, the sum is usually taken over an appropriate subset of the projec- 
tion. Least-squares fitting can be preferable if the navigator SNR is low (Wang 
et al. 1996), for example, because of a short TR. 

Depending on the available computer hardware, the calculations in 
Eqs. (12.12) and (12.13) used for prospective navigators can lead to delays 
of the subsequent data acquisition. This has led to the development of faster 
alternative algorithms (Foo and King 1999; Thanh et al. 2001). 

2D navigators (Figure 12.6b-c) acquire data over a small region near the 
center of k-space. They are sometimes used in DWI studies (Butts et al. 1997; 
Atkinson et al. 2000) to monitor shifts of the origin of k-space, as well as 
the average phase of the data (see Eq. 12.9). The shift can be computed by 
calculating the centroid of the k-space data. 

Although consecutive linear navigators in three directions can track any 
general translation, they cannot efficiently track rotation. Complete tracking 
of rotation and translation in three directions can be achieved using a spherical 
navigator. The k-space trajectory traces all or part of the surface of a sphere 
(Figure 12.6d). Interview rotations of the object result in rotations of the data 
on the navigator sphere, whereas translations of the object shift the phase of the 
navigator data (without rotating it). One implementation uses a helical traject- 
ory that covers the sphere in two interleaves, with each covering a hemisphere 
starting at the equator (Welch et al. 2002). 

An alternative to a spherical navigator is a set of orbital navigators 
(Figure 12.6e), each using a circular k-space trajectory (Fu et al. 1995). An 
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orbital navigator can track translations and rotations in two dimensions (i.e., 
in a plane). By applying three orbital navigators in different planes, transla- 
tion and rotation in all three dimensions can be monitored (Ward et al. 2000). 
The slice thickness of the multiple orbital navigators should be wide enough 
to encompass the entire object, otherwise saturation bands from the initial 
navigator can corrupt the signal from subsequent navigators, making motion 
detection difficult. 

One disadvantage of orbital navigators compared to spherical navigators 
is that translation and rotation out of the plane formed by the two navi- 
gator gradient directions are difficult to track. Such motion corrupts the 
navigator data, giving slightly inaccurate in-plane motion estimates. When 
a prospective correction is used, this drawback can be overcome by rotating 
and translating the navigator scan plane as predicted by one set of navigators 
and then repeating the navigators a second time, giving a total of six navigators 
prior to the imaging acquisition (Ward et al. 2000). This reduces the through- 
plane motion for the second set of navigators and gives an improved estimate 
of the object position, which is then used to translate and rotate the plane a 
second time prior to the imaging acquisition. 

For either spherical or orbital navigators, the optimal radius of the sphere 
or circle represents a compromise between sensitivity and SNR. The larger the 
radius, the larger the distance a k-space location moves for a given rotation 
angle and hence the greater its sensitivity to motion. However, because k-space 
signal intensity typically decreases away from the center of k-space, the larger 
the radius, the lower the k-space SNR. Typically the k-space radius of orbital or 
spherical navigators is on the order of 10 Ak, where Ak = \/L is the distance 
between k-space samples for a FOV L. The optimal value has been found to 
depend on the scan plane and the object (Ward et al. 2000). 

For orbital navigators, the rotation angle can be determined from the navi- 
gator magnitude using either correlation or least-squares fitting. For example, 
with least-squares fitting the estimated rotation angle a minimizes: 

1(a) = J2 (\S n (k P , 0j -a)\- \S r (k p , 6j)\f (12.14) 



where S n (k p , 9j) and S r (k p , 0j) now represent k-space data acquired over a 
circle of radius k p for the orbital navigator and reference navigator, respect- 
ively. The summation in Eq. (12.14) is taken over the circle of data in the 
k-space trajectory. Once a is determined, the translation components xq and 
jo are determined from the difference between the navigator and reference 
phases. The reference navigator is first rotated by a to line up with the current 
navigator; otherwise the phase difference would also contain a contribution 
due to rotation. Let f n (k p , 9) and i/ T (k p , 6 - a) be the phase of the current 
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navigator and rotated reference navigators, respectively. From Eq. (12.8), the 
phase difference is: 

Afj = f n (k p , $j) - f v (k p , Bj - a) 

= Inkp [x cos(0; - a) + y sin(Bj - a)] (12.15) 

The sine and cosine terms in Eq. (12. 15) are orthogonal, and can be determined 
from: 

J2 A fjCOs(6j -a) (12.16) 



k p N f 
and 



M=7-77-y>^ sin ^- a ) ( i2 - i? ) 

k„ N„ ^—^ J J 



where N p is the number of points used in the summation. 

Navigator RF excitation is usually spatially selective and can be read out 
using either a gradient or spin echo (Figure 12.7). However, in many cases 
the navigator does not require a separate RF excitation but can simply use 
the transverse magnetization excited by the imaging RF pulse, either before or 
after the imaging echo is acquired. In Figure 12.8, the transverse magnetization 
used for the imaging spin echo is rephased by a refocusing pulse and used as 
the subsequent navigator. 

Navigators can be acquired multiple times for each k-space line or seg- 
ment of k-space. For example, linear navigators in several directions or orbital 
navigators in several planes can be acquired for each k y line of the imaging 
scan. To reduce the total repetition time of the navigator plus imaging acquis- 
ition, multiple navigators are sometimes acquired cyclically. For example, a 
linear navigator might be alternated between the k x and k y axes. This has the 
drawback of somewhat reducing the temporal resolution of both navigators. 
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FIGURE 1 2.7 Linear navigators that excite a plane using (a) spin echo and (b) gradient 
pulse sequences. 
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FIGURE 12.8 Spin-echo pulse sequence with a subsequent linear navigator. The 
transverse magnetization used for imaging is refocused and re-used for the navigator. 

12.2.3 Motion Correction 

Prospective Correction Navigator information can be used in numerous 
ways. Prospective gating leaves the scan volume fixed with respect to the 
magnet and gates the acquisition to achieve consistent anatomical location 
with respect to the scan volume. This method is used in cardiac imaging and 
works only with smooth periodic motion such as respiration, for which it can 
be assumed that the anatomy repeatedly moves through the scan volume. 

Slice following (also called slice tracking) is used with either periodic 
or nonperiodic motion and moves the scan volume to lie at approximately 
the same location with respect to the patient anatomy on each acquisition. 
(Although the name implies 2D acquisition, slice following can also be used 
with 3D acquisition.) This method is used in cardiac imaging and fMRI. 

Phase reordering methods (also known as view reordering, discussed in 
Section 12.3) modify the data acquisition order (k v or, in 3D scans, k z lines'* 
in real time based on navigator data to yield a k-space data set that is more 
consistent with respect to the respiratory phase. The same phase reordering 
algorithms that are used with respiratory bellows can be used with navigators 
(see Section 12.3). For some phase reordering methods, all or part of k-space 
is sampled multiple times. For these methods, data acquisition is stopped, 
either after a fixed amount of time or when the data are sufficiently consistent 
according to the particular criterion employed. (The application of cardiac 
imaging is discussed later.) 



Retrospective Correction Several general retrospective methods can be 
used. In the first method, each k v or k z line is acquired a fixed number of times 
(e.g., five) and is also interleaved with navigator acquisitions. After the scan 
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completes, the navigator data are used to sort the acquisitions. Only the data 
from the most consistent anatomical positions are retained and used in image 
reconstruction. 

In a second retrospective method, the navigator information is used to cor- 
rect the data during reconstruction. Translation can be corrected retrospectively 
by multiplying the k-space data by a phase factor (see Eqs. 12.7 and 12.9). For 
the caseof interview motion without diffusion weighting, the factor is e~ l 2ltk ' T , 
where T is the translation distance. For the case of DWI, the k-space data are 
multiplied by e~'^ , where (j> is given by Eq. (12.10). 

Retrospective correction for interview rotation requires remapping the 
k-space data using gridding or some other interpolation method. For the case 
of interview rotation without diffusion weighting, the remapping is a rotation 
of the k-space data. Depending on the acquisition technique used and the rota- 
tion axis, remapping of k-space according to the navigator data may result in 
regions of k-space devoid of data. With multishot DWI, the remapping is a shift 
by^A& for each shot, where Ak is given by Eq. (12.11). Although the shift by 
Ak could be done with a linear phase ramp in image space, this would require 
the reconstruction of separate images for each shot and is less convenient than 
performing the shift in k-space using gridding. Rotational motion correction 
is therefore best done prospectively. Another disadvantage of retrospective 
correction is that rotation or translation orthogonal to the scan plane is not 
possible with 2D data sets. 

In dynamic imaging by model estimation (DIME) the temporally varying 
object I(r, t) is represented by a generalized harmonic model (Liang et al. 
1997) as: 

M 

I(?J)=J2 a m(r)e i2nf -' (12.18) 

m = \ 

where { f m } is the set of all possible motion frequencies present over the entire 
object (m = 1, 2, . . . , M) and a m (r) incorporates the spatial dependence of 
each frequency. If the motion is periodic, only discrete frequencies are present 
given by f m = mfo. If the motion is nonperiodic, the f m are arbitrary real 
numbers. In DIME, motion artifacts are thought of as arising from under- 
sampling in a hybrid {k, t) space (Figure 12.9). The raw data S(k, t) are 
given by: 

S(k,t)= J I(r,t)e^ 2nkrr dr (12.19) 

Inserting Eq. (12.18) into Eq. (12.19) gives: 



S(k,t) =Y d a m (k)e' 
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FIGURE 12.9 Simplified (k, t) space with one k-space dimension used for dynamic 
imaging by model estimation. The imaging scan acquires N points At apart to 
cover the full extent of k-space needed to reconstruct an image. Motion artifacts result 
from undersampling in the (k, t) space. The navigator acquires points at a single 
k value with time resolution At sufficient to freeze motion. (Adapted from Liang 
et al. 1997.) 



where 



,-/-. 



Equation (12.20) indicates that S(k, t)is also represented by a generalized 
harmonic model. In DIME, f m and a m {k) are estimated and used to construct 
S(k, t)for abitrary time t using Eq. (12.20). The resulting image reconstructed 
by the Fourier transformation of 5 (it, t) has reduced artifacts. 

The f m can be estimated from ECG or respiration waveforms or from 
Nyquist-sampled (k, t) data that are collected with a navigator. The simpli- 
fied ID example in Figure 12.9 shows navigator data collected at a single 
point k, but with temporal sampling Ar that is much higher than the complete 
k-space temporal sampling interval N At (where N is the number of imaging 
k-space points acquired). 

Once the f m are known, a m (k) can be estimated using undersampled ima- 
ging measurements S(k, t). The estimation fits S{k, t) values measured with 
an imaging pulse sequence by writing Eq. ( 1 2.20) in matrix form and inverting 
to obtain a m (k) (Liang et al. 1997). 
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12.2.4 Cardiac Imaging 

Although ECG triggering removes the effects of cardiac motion, respir- 
ation also substantially changes the heart position. The acquisition is usually 
short enough with 2D scans that breath-holding can be used to eliminate arti- 
facts due to respiration. However, 3D acquisition is sometimes preferable, 
particularly for coronary artery imaging. The coronary arteries are tortuous 
and move throughout the cardiac cycle, making them difficult to capture in a 
single imaging plane. 3D scans allow higher resolution and SNR, and make it 
easier to image the entire coronary artery tree. Unfortunately 3D scans may be 
too long (>20s) to use breath-holding with many patients. Multiple breath- 
holds typically have as much as 8 mm in variation in diaphragm position (Liu 
et al. 1993), resulting in poor image quality with 3D scans because of the 
resulting inconsistency in cardiac position (Wang, Riederer, et al. 1995). 

Even with 2D breath-held acquisitions, multiple breath-holds may be 
required to cover the entire coronary tree. Although each 2D scan is self- 
consistent, variation in breath-holding can result in slightly different coronary 
artery positions on each scan. This can lead to gaps in the coverage of the 
coronary artery tree. Navigators can give more consistent positioning of the 
arteries and reduce gaps. 

Navigator tracking of the diaphragm position has been used to create a 
respiration feedback monitor (Liu et al. 1993; Wang, Grimm, et al. 1995). In 
this method, the diaphragm position calculated in real time from navigator data 
on each heartbeat is displayed visually to the patient, allowing the patient to 
give more consistent breath-holds during the scan. Unfortunately, respiration 
feedback only works with cooperative patients and therefore has not been used 
extensively. 

Navigators are often used to gate data acquisition to a quiescent part 
of the respiratory cycle, thus allowing free breathing during the scan. Most 
commonly, a linear navigator acquires data along a column in the superior- 
inferior (SI) direction through the diaphragm. Diaphragm position along the 
SI direction is quantified and used to determine the respiratory phase. Acquisi- 
tion during the same respiratory phase over multiple respiratory cycles provides 
consistent heart positioning. 



Pulse Sequence and Processing A linear navigator excites a 1 to 2-cm- 
wide column of spins in the SI direction, which is then read out along the 
column. Spatial resolution along the column is approximately 1 mm. One 
method for the 2D excitation uses a spin echo with the two slice selection 
gradients chosen so that their respective slices intersect (Figure 12.10a and 
Section 5.1), resulting in a rectangular column of refocused spins in the inter- 
secting area (also called a line scan pulse sequence). The spin-echo method 
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FIGURE 12.10 Linear navigators that excite a column using (a) a spin echo with 
orthogonal planes for the excitation and refocusing pulses and (b) a spiral k-space 
trajectory. 

can result in saturated bands in the image if one of the navigator planes crosses 
the imaging plane. 

A more common method excites a circular column of spins or 2D 
pencil beam (see Section 5.1) using a spiral excitation k-space trajectory 
(Figure 12.10b). The spiral pencil beam creates less extensive saturation arti- 
facts and, if used with a small flip angle, can be repeated with shorter TR than 
the spin echo. A disadvantage of the spiral pencil beam is flaring of the circular 
cross section from resonance offsets. The processing methods described previ- 
ously are used to extract the diaphragm displacement. The sums in Eqs. (12.12) 
and (12.13) are usually taken over a subset of the projection containing the 
diaphragm edge. 

For prospective use, the navigator is played prior to data acquisition within 
the same the cardiac cycle. For imaging multiple cardiac phases or acquiring 
multiple slices per cardiac phase, using more than one navigator within the 
cardiac cycle can be beneficial (Figure 12.1 1). 



Prospective Gating Diaphragm location data can be used prospectively 
in several ways. The simplest is to acquire data only when the respiratory 
phase is within a predefined acceptance window (accept/reject algorithm). 
A window location near the end-expiration phase is usually chosen because 
it is held longer and is found to be somewhat more consistent over time than 
other phases. The acceptance window width (typically 2-5 mm) and window 
location are determined from navigator data acquired over a period of free 
breathing prior to the gated scan. An acceptance window that is too wide 
results in poor image quality. Conversely, a smaller acceptance window gives 
better image quality but results in longer scan time to acquire a complete set of 
data (reduced efficiency). A key assumption in the use of navigators is that the 
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FIGURE 12.11 Navigator placement for cardiac imaging. Shaded boxes represent the 
navigator pulse sequence. Unshaded boxes represent the imaging pulse sequence that 
acquires multiple phase encoding steps (k y or k : ). (a) One navigator and acquisition 
per cardiac cycle, (b) Eight acquisitions per cardiac cycle (either eight phases or eight 
slices), each with its own navigator. 

respiration pattern is constant throughout the scan. Unfortunately, even with 
cooperative patients this is sometimes not the case. Inconsistency or drift in 
the respiratory pattern that moves the acceptance window location over the 
course of the scan is a significant problem. 

Slice Following Slice following moves the data acquisition volume to fol- 
low the anatomy of interest and can be used with 2D or 3D scans that use either 
free breathing or breath-holding. Combining slice following with prospective 
respiratory gating allows the gating window width to be increased without loss 
of image quality, resulting in reduced scan time (Danias et al. 1997). 

The coronary arteries move in the SI and anterior-posterior AP directions 
by roughly 60 and 20% of the diaphragm displacement, respectively (Wang, 
Riederer, et al. 1995). Left-right (LR) displacement is usually negligible. The 
scan volume is prospectively moved in the SI and AP directions by a fraction 
(called a correction factor) of the diaphragm SI displacement relative to the 
center of the window (McConnell et al. 1997). Although generic correction 
factors can be used, better results are obtained when the correction factors are 
measured on each patient (Taylor et al. 1999). 

Phase Reordering One method for phase reordering maps the respiratory 
phase to the k Y line (Section 12.3). The type of mapping determines the type 
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of residual artifact. The mapping can take into account the frequency of each 
respiratory phase for more efficient scanning. (See Jhooti et al. 1999 for an 
example.) 

A variation of the accept /reject algorithm uses multiple acceptance win- 
dow widths for different areas of k-space (weighted gating). Narrower windows 
are used near the center of k-space where consistency is more critical to good 
image quality. When weighted gating is used, the phase-encoding order can 
be prospectively chosen to improve the scan efficiency. This forms the basis 
of motion-adapted gating (MAG), which reduces the scan time by as much as 
60% relative to an accept/reject algorithm using a single acceptance window 
(Weiger et al. 1997). MAG is only applicable to Cartesian k-space trajectories 
where different RF excitations sample different areas of k-space. Trajectories 
such as spiral or projection acquisition, which sample low and high spatial fre- 
quencies on each excitation, must use a different method. MAG has also been 
enhanced to incorporate real-time evaluation of the respiratory pattern during 
the scan. This allows the automatic moving of the acceptance window location 
or termination of the scan if the respiration pattern changes sufficiently (Sinkus 
andBoernert 1999). 

Another prospective algorithm that attempts to overcome the problem of 
respiration drift is the diminishing variance algorithm (DVA) (Sachs et al. 
1995). In this method, there is a predefined window acceptance width, but 
no predefined window location. A complete set of k-space data is acquired 
once without respiratory gating, along with corresponding navigator data. A 
histogram determines the most frequent diaphragm position (i.e., the mode of 
the distribution), k-space data along with navigator data are then reacquired 
beginning with the data farthest from the mode, and the histogram is updated. 
As time progresses, the range of diaphragm positions becomes narrower. The 
acquisition progresses for a fixed time or until all the views fall within the same 
window width. Unfortunately, significant respiratory drift results in very long 
scans if all data are to lie within the acceptance window. DVA can be used with 
any k-space trajectory. 



Retrospective Respiratory Gating For retrospective use, navigator place- 
ment either before or after the acquisition is possible, k-space is fully sampled 
several times (e.g., five) without respiratory gating. The corresponding navig- 
ator data are acquired along with the imaging data and used to retrospectively 
determine diaphragm position. The imaging data are sorted based on dia- 
phragm position. In one method (Li et al. 1996), a histogram of diaphragm 
positions is used to determine the most frequent position. All acquisitions of 
each k-space location (k y and k z ) collected within a certain diaphragm window 
(e.g. ±1 mm) of this position are used (with averaging if multiple acquisitions 
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are available). If no data are within the window, the closest acquisition is used. 
Retrospective gating has been found to give inferior image quality compared 
to prospective gating (Du et al. 2001). 



Navigator Placement Although the entire diaphragm moves in the same 
direction with respiratory motion, it is not a rigid body. Therefore the motion 
measured by the navigator strongly depends on where it is placed. In most 
work, the navigator is placed at the dome of the liver (right hemidiaphragm) 
because the diaphragm is most perpendicular to the SI direction there. 

The navigator may also be placed over the heart itself. The proximity of 
the navigator and coronary arteries for this placement eliminates the need for 
slice-following correction factors. A disadvantage is the possibility of greater 
saturation of the cardiac structures being imaged. Studies of the effect of 
navigator placement with free-breathing 3D acquisition and slice following 
show little difference in scan time or image quality scores for placement in the 
right hemidiaphragm versus the left ventricle (Stuber et al. 1999). 

Because respiration causes the heart to move in both the SI and AP dir- 
ections, multiple linear navigators have been placed over the heart to monitor 
three directions of motion (Sachs et al. 1998). Multiple navigators result in 
longer scans, increasing the possibility of drift in the respiratory pattern. 

12.2.5 Functional MRI (fMRI) 

With fMRI, small head movements can either give a spurious activation or 
mask real activation. Although single-shot EPI freezes motion within a scan, 
motion causes the misregistration of images within a time series that results in 
activation errors. Even though head restraints are typically used, involuntary 
head motion can still take place even with cooperative patients. In addition to 
head motion, fMRI is also degraded by apparent activation that correlates with 
respiratory and cardiac motion. 

In one approach to navigated fMRI, the effects of all types of motion 
(rigid-body head motion, respiration, and cardiac motion) are modeled as 
general phase and frequency shifts. The shifts are found to be slowly varying 
over the brain (Noll et al. 1998) and are usually modeled as spatially constant. 
Early work of this type (Hu and Kim 1994) with a gradient-echo pulse sequence 
used a single data point from the refocused FID immediately after the excitation 
to track the phase of the subsequent echo (Figure 12.12). Because activation 
based on blood oxygen level dependence (BOLD) can change the magnitude 
of the FID over the course of time, only the phase of the navigator point is 
used to correct fMRI data. The phase is also measured during a reference 
navigator acquisition and differences between any other navigator phase and 
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FIGURE 12. 12 Gradient-echo pulse sequence using a single refocused FID navigator 
point (or group of points). The transverse magnetization is subsequently spatially 
encoded for imaging. 



the reference phase are subtracted from the corresponding fMRI data phase. 
When used with Cartesian k-space trajectories, a separate reference is used 
for each k y line. 

When used with an interleaved spiral k-space trajectory, the navigator point 
is simply the first sample point in the spiral readout (Glover and Lai 1998). In 
this case, no extra data collection is needed and the pulse sequence is effectively 
self-navigated. A single reference is obtained by averaging the complex signals 
from each spiral interleaf of the reference time frame. Differences between the 
navigator phase of each spiral interleaf and the reference phase are removed 
from the imaging data. Dynamic off-resonance in k-space (DORK) extends 
this idea, using two navigator measurements per fMRI acquisition (e.g., one 
immediately after the RF pulse and one at the center of k-space), which allows 
frequency shifts as well as baseline phase shifts to be corrected (Pfeuffer et al. 
2002). Comparison to a reference acquisition allows additional phase shifts 
due to eddy currents to be removed. This navigation method has been used for 
both EPI and spiral imaging. 

In a somewhat different approach, navigators have been used to track head 
motion. Head motion is usually modeled as rigid body motion, consisting of 
a translation plus a rotation. Early work used linear navigators to measure 
head translation (Lee et al. 1996), but recent work uses orbital or spherical 
navigators to measure both rotation and translation. A prospective correction 
is preferable and requires rotating and shifting the imaging plane before the 
subsequent fMRI acquisition (Ward et al. 2000). 
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12.2.6 Diffusion-Weighted Imaging 

DWI frequently uses single-shot EPI to minimize the effects of patient 
motion. Single-shot EPI suffers from low spatial resolution, geometric dis- 
tortion, and low SNR, however. Although multishot (usually interleaved) EPI 
has much less distortion, patient motion results in severe image artifacts. The 
artifacts are a result of intrashot motion effects described previously (a phase 
error and shift in the center of k-space) that are inconsistent between shots. 
(Intrashot motion is also present in single-shot DW-EPI, but the resulting phase 
error and k-space shift are constant and thus do not cause artifacts.) 

Navigators are sometimes used with multishot DWI methods (including 
both EPI and FSE) to minimize motion artifacts. As with f MRI, head motion 
is modeled as rigid body motion. Brain motion from pulsatile CSF flow caused 
by the beating of the heart is not rigid body motion. Although this motion is 
usually negligible for anatomical brain imaging, the extreme motion sensitivity 
introduced by the diffusion-weighting gradients causes it to be a substantial 
problem from 100 to 300 ms after systole (Norris 200 1 ). (Although CSF itself 
does not always create a signal in DWI, CSF pulsation causes brain motion 
that creates artifacts affecting other brain tissues.) DWI navigator methods 
therefore work best if ECG triggering is also used to reduce nonrigid body 
motion associated with cardiac pulsatility. Even with navigators and ECG 
triggering, acceptable image quality may be difficult to achieve until shortly 
after end-systole. 

Any navigator that measures the data phase for each view can provide 
the information to correct the phase <p in Eq. (12.10). In the early application 
of navigators to DWI (Ordidge et al. 1994), a linear navigator was used to 
measure <f> in Eq. (12.10), followed by a correction for translational motion 
by removing <j> from the diffusion acquisition data. Because a linear navigator 
only measures the component Ak that is along the navigator readout axis, 
according to Eq. (12.1 1) a linear navigator is insensitive to rotation (Ait = 0) 
when the navigator readout axis is along either or Gd- Even multiple linear 
navigators along different axes (Butts et al. 1996) have problems measuring 
Ak accurately. This is because eddy currents and patient motion can create 
a sufficiently large Ak that linear navigators along multiple axes (e.g. along 
k x ,k y , and k z ) can completely miss the true (shifted) origin of k-space (Butts 
et al. 1997), with a resulting low sensitivity. A 2D navigator is therefore 
preferable for measuring both AA: and </>. 

Both a single-shot spiral navigator (Butts et al. 1997) and a single-shot 
EPI navigator (Atkinson et al. 2000) have been successfully used to sample 
data within a small area near the origin of 2D k-space. A retrospective cor- 
rection for the two in-plane components of AA: is obtained by shifting the 
data in k-space using gridding or direct data resampling using matrix inver- 
sion (described in Atkinson et al. 2000). The through-plane component of Ak 
gives a linear phase across the slice that results in signal loss and cannot be 
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corrected. Discarding views for which the navigator signal falls below some 
threshold can minimize the effect of this motion component. One problem with 
this approach is that phase-encoding lines are not evenly spaced (uneven Ak y ) 
due to random motion and discarding views and may not obey the Nyquist 
criterion. This can be somewhat alleviated by sampling at smaller Ak y than 
required for the final image FOV and by sampling each phase-encoding step 
multiple times. 
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12.3 Respiratory Gating and Compensation 

Respiratory motion is a major source of artifacts in thoracic and abdominal 
MR imaging. If not compensated for or corrected, respiratory motion can 
produce image blurring, ghosting, intensity loss, and misregistration. These 
image artifacts can obscure important anatomic structures, making diagnosis 
difficult or impossible. 

The problems caused by respiratory motion can be addressed in a num- 
ber of ways. A straightforward strategy is to employ fast imaging. Because 
the typical breathing cycle for adult human subjects lasts 4-5 s, respiratory 
motion is essentially frozen if the entire k-space data can be acquired much 
faster than that. This can be accomplished with ultrafast pulse sequences, 
such as EPI and RARE with long echo trains (see Sections 16.1 and 16.4 
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for details). Although ultrafast imaging pulse sequences can effectively freeze 
respiratory motion, the resolution of the resultant image is usually poor (e.g., 
128 x 128 with single-shot EPI) and artifacts inherent to fast imaging often 
become problematic. Another strategy to address respiratory motion is to ret- 
rospectively perform motion correction. In this strategy, the acquisition is 
modified to obtain some extra data beyond that required to reconstruct an 
image. The motion-contaminated k-space data are then corrected during image 
reconstruction using the information contained in the extra data. Examples of 
this approach include retrospective navigator echo correction (Section 12.2) 
and ghost phase cancellation (Xiang and Henkelman 1991 ; Xiang et al. 1993). 
A related technique in this category is to acquire data in two orthogonal k-space 
grids (Welch et al. 2002). Although it does not necessarily increase the total 
amount of data, the k-space data are arranged differently to facilitate motion 
correction. Alternatively, motion artifacts can also be corrected based solely on 
the nominal k-space data, without the extra data acquisition. Two examples of 
this strategy are motion corrections using projection data consistency (Glover 
and Pauly 1992) and autocorrelation (Manduca et al. 2000). If multiple receive 
coils are used, parallel imaging methods can also be used to correct motion by 
providing constraints that force data consistency (Bydder et al. 2003). 

In this section, we focus on four techniques that suppress or compensate 
for respiratory motion artifacts during data acquisition: Breath-holding, respir- 
atory gating, respiratory triggering, and k-space view reordering (also known 
as phase reordering and discussed in Section 1 2.2). In the context of this book, 
we collectively refer to the first three techniques as respiratory synchronization 
methods and to the last technique as respiratory compensation. Unlike motion 
correction, respiratory synchronization and compensation require little or no 
change in the image reconstruction algorithm. They do, however, require either 
patient cooperation or substantial modification of the data acquisition. 



12.3.1 Basics of Respiration 

Lung expansion and contraction is accompanied by ( 1 ) SI movement of 
the diaphragm to change the vertical dimension of the chest cavity and (2) AP 
elevation and deflation of the ribs to increase and decrease the diameter of 
the chest cavity. The diaphragm motion is exploited for respiratory monitor- 
ing with navigators (Section 12.2), whereas changes in chest cavity diameter 
provide the basis for respiratory monitoring techniques employing pressure 
transducers such as pneumatic bellows. 

Similar to cardiac motion, pulmonary ventilation also contains multiple 
phases, as shown in Figure 12.13 (Note that the term phase as used here is 
analogous to a phase of the moon and should note be confused with the phase 
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FIGURE 12.13 A schematic plot of a respiratory waveform showing the respirat- 
ory phases, various lung volumes, and functional residual capacity. The vertical and 
horizontal axes represent lung volume and time, respectively. 



of a complex signal.) The inspiration (also known as inhalation) phase is char- 
acterized by a negative alveolar pressure (i.e., the pressure in the alveoli is 
approximately 2 mmHg less than the atmospheric pressure) and typically lasts 
~2 s for a healthy adult human subject. The expiration (or exhalation) phase 
occurs, driven by a positive alveolar pressure, immediately following inspira- 
tion. Expiration takes approximately the same amount of time as inspiration. 
After the expiration, there is a brief pause (typically less than 1 s) before the 
next cycle begins. These phases are illustrated in Figure 12.13. 

During a respiratory cycle, the lung volume changes with the respiratory 
phases (Figure 1 2. 1 3). The tidal volume (~0.5 liter) is the volume of air inhaled 
or exhaled with each normal breath. The additional amount of air that can 
be forcefully inhaled beyond a tidal inspiration is called inspiratory reserve 
volume (~3. 1 liters). Similarly, the extra amount of air that can be maximally 
exhaled after a tidal expiration is called expiratory reserve volume (~ 1 .2 liters). 
Even after the maximal expiration, residual air remains in the lung. This air 
volume is known as residual volume (also ~ 1 .2 liters). The combination of the 
expiratory reserve volume and residual volume is referred to as the. functional 
residual capacity (FRC; ~2.4 liters). Note that even though the residual volume 
is not accessed, it constitutes part of FRC. As described later, respiratory gating 
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typically occurs when the lung volume corresponds to FRC. The duration when 
the lung volume is at FRC also plays a very important role in centric k-space 
view reordering. 



12.3.2 Respiratory Motion Monitoring 

Respiratory gating and triggering and view reordering all rely on real-time 
monitoring of the respiratory cycles. Although not required, the real-time res- 
piratory waveform can also guide operators to monitor a patient's response 
during breath-holding acquisitions. Two monitoring methods, pneumatic 
bellows and navigators, are commonly employed in MRI data acquisition. 

A pneumatic bellows consists of an elastic belt that is secured around the 
patient's abdomen at a position caudal from the anterior costal margin. The 
belt is attached to a pressure transducer that produces an analog voltage related 
to lung expansion and contraction. The voltage signal is amplified, low-pass 
filtered (e.g., with a cut-off frequency of 60 Hz), and digitized. In some designs, 
optical coupling is used to convert the voltage to light, transmit the light signal 
through a fiber optic cable, and convert the signal back to voltage prior to 
digitization. The optical transmission minimizes spurious signals that can be 
picked up in electrically conducting cables when the gradients are pulsed. 
The digitized signal is processed to linearly relate the signal amplitude with 
the circumferential changes (or displacement) of the body wall associated with 
breathing. The processed signal is displayed on a monitor at or near the scanner 
console for real-time respiratory monitoring. A schematic plot of the body wall 
displacement as a function of time is shown in Figure 1 2. 1 4, in which the peaks 
and the valleys correspond to the end of inspiration and the FRC, respectively. 
The sampling rate of the respiratory waveform in Figure 12.14 is typically a 
few tens of kilohertz (e.g, ~20 kHz) and the display window covers a few tens 
of seconds (e.g., 20 s). 



Body wall 
displacement End °f inspiration 



FIGURE 12. 14 A schematic plot of the body wall displacement as a function of time, 
as monitored by a pneumatic bellows. FRC stands for functional residual capacity. 
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Navigator echoes monitor respiratory motion by repeatedly acquiring MR 
signals from an area that moves during respiration, such as the diaphragm. 
The navigator signals are processed to produce a spatial profile of the mon- 
itored region and may be displayed as a function of time for monitoring. The 
update rate of the navigator profiles depends on the pulse sequence length 
and processing time. It is typically much lower than that of a pneumatic bel- 
lows. The details of navigator acquisition and processing are described in 
Section 12.2. 



12.3.3 Breath-Holding 

Unlike cardiac motion, respiratory motion can be voluntarily suspended 
or suppressed for a limited amount of time. Typically, an adult human subject 
can hold his or her breath for approximately 20-30 s, although this duration is 
challenging for some patients. If all k-space data can be acquired during this 
time window, respiratory motion artifacts can be eliminated from the image. 
An example of lower abdomen images without and with breath-holding is 
shown in Figure 12.15. Depending on applications, breath-holding can occur 
at the end of either the inspiration or expiration phase. Because most people 
can breath-hold longer at the inspiratory reserve volume (Figure 12.13) than 
any other point of the respiratory cycle, patients are often instructed to take a 
deep breath in and hold it before the operator starts the scans. Hyperventilation 
prior to breath-holding is also helpful to lengthen the breath-holding time and 
is often practiced in breath-hold data acquisitions. Although not necessary, 




FIGURE 12.15 Two gradient-echo images of the lower abdomen (a) without and 
(b) with breath-holding. The imaging parameters are TR/TE= 110/4.2 ms (i.e., 
fat-water in-phase at 1.5T), flip angle = 80°, matrix = 256 x 128,NEX=1, and 
Tscan = 15 s. Reduction of ghosting artifacts and image blurring is evident in (b). 
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monitoring the patient's breathing pattern before and during breath-holding is 
very helpful to ensure good motion suppression. 

Because only an approximately 20 to 30-s window is available for breath- 
hold scans, fast pulse sequences are essential. Fast gradient-echo pulse 
sequences (Section 14.1) are commonly used in breath-hold scans to acquire 
multiple 2D slices or even a 3D volume to cover the desired imaging region, 
such as the liver. Parallel imaging (Section 13.3) can further accelerate data 
acquisition. The time saved by parallel imaging can be used to increase the 
number of slices, improve in-plane resolution, or shorten the breath-holding 
duration. 

Example 12.1 A 2D fast gradient pulse sequence with a TR of 10 ms is used 
to acquire images with 128 phase-encoding steps in a single breath-hold of 26 s 
(assuming NEX = 1). (a) How many slices can be acquired? (b) If SENSE is 
used with an acceleration factor of 2, recalculate the number of slices that can 
be acquired. 

Answer 

(a) According to Section 1 1.5, the time required for a single slice is: 

lOmsx 128 x 1 = 1.28 s 

Within a breath hold of 26 s, a total of 26/1.28 = 20 slices can be 
acquired. 

(b) With an acceleration factor of 2, the time required for a single slice is 
halved and the total number of slices is doubled to 40. If fewer than 
40 slices are needed, the required duration of the breath-hold can be 
reduced accordingly. 

Even with fast pulse sequences and parallel imaging, sometimes conflict- 
ing requirements such as the desired number of slices, spatial resolution, and 
SNR cannot all be satisfied within a single breath-hold. In that case, the data 
acquisition is divided into multiple groups (or passes), each consisting of fewer 
slices that can be acquired in one breath-hold. Multiple breath-holds are used 
to obtain all desired slices. In multiple breath-hold acquisitions, it is important 
to instruct the patient to hold his or her breath at a consistent position in the 
respiratory cycle, especially when the 2D slices are reformatted into different 
viewing planes. 

To reduce scan time, breath-hold acquisition is often limited to a relatively 
small number of phase-encoding steps (e.g., 128). Thus, the resolution can 
be rather poor along the phase-encoded direction. Breath-holding also relies 
on how well the patient can cooperate. For applications demanding higher 
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resolution or for uncooperative patients (e.g., patients with compromised 
pulmonary function), alternative techniques such as respiratory gating, res- 
piratory triggering, and view reordering can be used instead. 

12.3.4 Respiratory Gating 

Respiratory gating acquires or retains data only within a predefined win- 
dow during which the respiratory motion is minimal or the subject is at a 
consistent position. The window is often chosen in the vicinity of the FRC, 
between the downhill of an expiration and the uphill of the next inspiration 
(Figure 12.16). Compared to the other segments of a respiratory cycle, this 
window provides the greatest reduction of artifacts (Ehman et al. 1984). 




4 Lower gating threshold 




FIGURE 12.16 Schematic diagrams showing the selection of gating open/close points, 
(a) Selecting an upper and a lower threshold determines the gating window. The pair of 
vertical dotted lines illustrates the relationship between the thresholds and the gating 
window, (b) The gating window is selected by defining two time intervals r start and 
Tend as a percentage of the average respiratory period r resp . 
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Two time points must be specified to define the gating window — one opens 
the window and the other closes it. Two approaches can be used to determine 
these time points. In the first approach, upper and lower thresholds are selected 
based on the amplitude of the tidal respiration waveform (Figure 12.16a). 
For example, the upper and lower thresholds can be selected at 20% of the 
tidal volume above and below FRC (or the baseline), respectively. When the 
respiration waveform is within this range, the gating window is open; other- 
wise, the window is closed. Although the lower limit is rarely exceeded, it 
serves as a safeguard in case expiration activates the expiratory reserve volume. 
In the second approach, the average period of the respiratory cycle (T resp ) is 
first evaluated after monitoring the tidal respiration waveform for an extended 
period of time (e.g., 30 s). Then a gate-open point (T sta rt) is specified as a 
percentage of the average period (T reS p). After the scanner detects the end of 
an inspiration (or the beginning of expiration) by searching for the maximum 
in the tidal respiration waveform, the acquisition window will open following 
a delay of T start (Figure 12. 16b). Because the average period is already known, 
the scanner can predict when the next maximum occurs in the tidal respiration 
waveform. The scanner closes the gating window at a time r en d before the 
next predicted tidal maximum, where r en d is also defined as a percentage 
of the average period (7* resp ) (Figure 12.16b). These timing relationships are 
further explained in Example 12.2. 

Example 12.2 Over a period of 30 s, a tidal respiratory waveform showed 
six full cycles with period of 4.8, 4.7, 4.8, 4.9, 4.5, and 4.6 s. If r start and 7 en d 
are selected as 30 and 35% of the averaged period, respectively, what is the 
duration of the respiratory gating window? 

Answer The average period of the respiratory cycle is: 

Tresp = (4.8 + 4.7 + 4.8 + 4.9 + 4.5 + 4.6) /6 = 4.72 s 
The gating window opens at: 

Tstart = 0.30 r resp = 1.42 s 

after the end of an inspiration, and closes at 

Tend =0.35 r reS p = l-65s 

before the end of the next predicted inspiration. Because the predicted inspir- 
ation occurs at 4.72 s after the preceding inspiration, the duration of the gating 
window is 

Tesp - T s tart - T en d = 1 -65 S 
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When r s tart or 7 e nd is too short, considerable expiration or inspiration 
can intrude into the acquisition window, causing motion contamination of 
the acquired data. If, however, T sta n or r en d is too long, data can only be 
acquired in a very narrow window, leading to a low acquisition efficiency. r en d 
is essentially the time allocated to the scanner to search for the next maximum 
in the tidal respiratory waveform. If the respiratory cycle shortens, data can be 
acquired when the next tidal maximum occurs and the next tidal signal can be 
missed. To balance these factors, r start and 7 en d are typically chosen at ~30% 
of r resp , as shown in Example 12.2. (Note that r star t and r en d do not have to 
be the same.) 

Within the gating window, data can be acquired with 2D sequential, 
2D interleaved, or 3D mode. When 2D interleaved acquisition is used, the 
effective TR time is governed by the period of the respiratory cycle. Because 
this period is typically ~4—5 s, respiratory gating corresponds nicely with the 
TR requirements of 72-weighted pulse sequences such as spin echo or RARE. 
However, the maximum number of slices per acquisition (or per pass) can be 
greatly reduced due to the dead time taken by T stait and r en d- In sequential 
acquisitions, respiratory gating can be made compatible with a short TR pulse 
sequence, such as gradient echo. To maintain the image contrast and the steady 
state of the magnetization, RF pulses are continuously played out even when 
the gating window is closed and no data are acquired or retained. This approach 
has been referred to as spin-conditioned respiratory gating (Ehman et al. 1984). 

A primary drawback of respiratory gating is the prolonged scan time 
because the acquisition window is open only for a fraction of the respir- 
atory cycle. It is quite typical for a respiratory-gated acquisition to take 
approximately three times longer than its ungated counterpart because only 
approximately one-third of the respiratory cycle is used for data acquisition, 
as shown in Example 12.2. Because of this, respiratory gating is most com- 
monly used with fast pulse sequences, such as RARE and fast gradient echo. 
Another approach used to increase the data acquisition efficiency is to instruct 
the patient to lengthen the time between expiration and the next inspiration; 
doing this can widen the data acquisition window. This approach, however, 
requires patient cooperation. 



12.3.5 Respiratory Triggering 

Similar to respiratory gating, respiratory triggering (Lewis et al. 1986) 
starts data acquisition after a predetermined event is detected. Unlike respirat- 
ory gating, however, respiratory triggering does not terminate data acquisition 
by detecting a second event. Instead, a predetermined number of pulse 
sequences are played, after which data acquisition terminates automatically. 
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Trigger level 



FIGURE 12.17 Respiratory triggering. The horizontal line shows the operator- 
selected trigger level. The solid and dashed vertical lines indicate trigger points on 
expiration and inspiration phases, respectively. The two dotted vertical lines illustrate 
the relationship between the trigger level and the trigger points. 



The number of pulse sequences played out depends on the pulse sequence 
length, duration of the respiratory cycle, desired data acquisition efficiency, 
and applications. Following acquisition, the scanner reopens the trigger win- 
dow and wait for the next trigger signal. Because respiration has no specific 
trigger event analogous to the R wave of the ECG, the operator must set the 
trigger point. The trigger level can be selected at any specified fraction of the 
tidal volume above the FRC. The dotted horizontal line in Figure 12.17 shows 
a trigger level at ~25% of the tidal volume. Respiratory triggering can occur at 
the inspiration slope (dashed vertical lines in Figure 12.17), the expiration slope 
(solid vertical lines in Figure 12.17), or both. If data acquisition is preferred 
when the lung volume corresponds to the FRC, only the expiration slope is 
used for respiratory triggering. When both inspiration and expiration slopes are 
used for triggering, however, the data acquisition efficiency can be increased. 
With respiratory triggering, the TR of the pulse sequence is limited by the 
trigger interval (i.e., ~r resp if either inspiration or expiration slope is used or 
~7resp/2 if both slopes are used). The long scan time, as well as a small number 
of slices that can be acquired (with an interleaved mode) after each trigger, con- 
siderably limits the acquisition efficiency when respiratory triggering is used. 



12.3.6 View Reordering 

Ghosting due to Periodic Motion With standard Cartesian k-space traject- 
ories, periodic (or nearly periodic) motion, such as respiration, causes ghosting 
in the phase-encoded direction (Figure 12.15a) (Wood and Henkelman 1985). 
The ghosts do not necessarily correspond to motion along the phase-encoded 
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direction; they can be caused by motion along any direction. Theoretically, 
each motion frequency can produce a pair of ghosts symmetrically displaced 
about the imaged object. In practice, multiple motion frequencies coexist and 
the ghosts from each frequency can add up constructively or destructively, pro- 
ducing a complicated ghosting pattern. The separation of the ghosts depends 
on the period (or frequency) of the motion, as well as imaging parameters. The 
relationship between ghost separation (Ay g ) and several imaging parameters 
is given by (Wood et al. 1988): 

Ay g = — — (12.22) 



where L y is the FOV along the phase-encoded direction, NEX is the number of 
signal averages for each k-space line (or view), TR is the repetition time, and 
7 ma is the apparent motion period as perceived by the k-space data along the 
phase-encoded direction. For example, if the k-space is sampled in a sequential 
order (see Section 1 1 .5 and Figure 1 1 .25a), r m . a is the same as the period of the 
actual motion (T m ), provided that NEX x TR is substantially shorter than T m . 
In a respiratory gated or triggered acquisition, T m , a approaches infinity (i.e., the 
periodic respiratory modulation is not seen by the k-space data), which causes 
zero ghost separation. In this case, the "ghosts" overlap with the image, and 
no ghosts will be observed. Using the relationship in Eq. (1 1.35), Eq. (12.22) 
can be equivalently expressed as: 

L x T x , n L v 7 scan / m , a 

Av„ = — : = — (12.23) 

g r m . a Wp has e Wphase 

where r scan is the scan time, Nphase is the total number of phase-encoded 
k-space lines (or views) for an image, and / m . a is the apparent motion frequency 
in k-space. 



Principles of View Reordering The concept behind view reordering is 
to change r m , a (or / m , a ) by modifying the acquisition order of the k-space 
lines so that the separation of motion ghosts (Aj g ) is either minimized or 
maximized in the image (Bailes et al. 1985; Haacke and Patrick 1986; Pelc 
and Glover 1987; MacGowan and Wood 1996; Jhooti et al, 1998). The method 
that minimizes Ay g is known as low-frequency (or low-sort) view reordering, 
whereas the method that maximizes Ay g is called high-frequency (or high-sort) 
view reordering. 

In low-frequency view reordering (i.e., low / m . a or long T ma ), the ghosts 
are placed closer to the moving part of the imaged subject. The views are 
acquired in an order so that it appears that the patient took only one-half or 
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FIGURE 12.18 Respiratory motion ghosts in (a) low-frequency view reordering and 
(b-d) high-frequency view reordering. With low-frequency reordering, the ghosts are 
placed close to the source of motion to minimize its disturbance on other parts of the 
image. With high frequency-ordering, the ghosts are pushed far away from the image, 
but can alias back to obscure the image (b). If the FOV is increased, the ghosts can 
be separated from the image (c). Cropping the central part of image (c) results in a 
ghost-free image (d). 



one breath over the entire acquisition. Thus, the ghosts will minimally perturb 
regions distant from the moving source (Figure 12.18a). Respiratory gating 
or triggering under ideal conditions can be treated as an extreme case of low- 
frequency view ordering where / ma approaches zero and the ghosts coincide 
with the image. 

In high-frequency view ordering (i.e., high / m-a or short T m , a ), the ghosts 
are placed far away from the desired image along the phase-encoded direction. 
The views are acquired in an order so that it appears that the patient breathes 
very rapidly, completing an entire respiratory cycle each 2 x NEX x TR. 
Because these ghosts can alias back onto the desired image (Figure 12.18b), 
the FOV in the phase-encoded direction must be increased in order to separate 
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FIGURE 12.19 Conventional k-space view ordering in relation to the respiratory 
waveform. 



the ghosts from the image (Figure 12.18c). The ghosts are then cropped from 
the image (Figure 12.18d). 



Low-Frequency View Reordering Consider the respiratory waveform 
with a frequency f m as shown in Figure 1 2. 1 9. If the k-space lines are acquired 
in a sequential order (see Section 11.5), then the k-space data are modu- 
lated by a similar function as the respiratory waveform (Figure 12.19). In 
this case, the apparent motion frequency / m , a is the same as f m . If, how- 
ever, the k-space lines are not acquired in sequential order, f m<a can be 
quite different from f m . When the neighboring k-space lines are acquired 
at similar points of the respiratory cycles as shown in Figure 12.20a, the 
apparent motion frequency / ma becomes much less than f m . Therefore, the 
ghost separation Av g is reduced. For example, if / m>a corresponds to a full 
cycle of respiration during the scan (i.e., T m<a = T scan ), then, as suggested by 
Eq. (12.23), Ay g is only approximately one pixel in the image. In the view 
reordering scheme depicted in Figure 12.20a, the entire set of the k-space 
lines appears to be acquired within one half of a respiratory cycle, although 
the actual data acquisition spans many respiratory cycles. The most negat- 
ive k-space views are acquired when the respiratory displacement is minimal 
(i.e., the end of expiration phase), while the most positive k-space views 
are obtained when the respiratory displacement is maximal (i.e., the end of 
inspiration phase). The intermediate k-space views are progressively acquired 
between the minimal and the maximal displacements, resulting in a mono- 
tonic k-space modulation function. This view-order scheme has been called 
respiratory ordered phase encoding (ROPE) (Bailes et al. 1985). Alternat- 
ively, the central region of k-space can be acquired when the respiratory 
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Respiratory waveform 




k-space view order 

FIGURE 12.20 Low-frequency k-space (a-b) view reordering and (c) high-frequency 
reordering in relation to the respiratory waveform. The reordering schemes used in 
ROPE and COPE are shown in (a) and (b), respectively. The dashed lines in (a) indicate 
how data acquired at different respiratory phase are mapped to specific k-space views. 
For simplicity, this relationship is not shown in (b) and (c). 



displacement is minimal and the edges of k-space acquired at the maximal res- 
piratory displacement (Figure 12.20b). Thus, the entire k-space views appear 
to be sampled in a single respiratory cycle. This view-ordering scheme is 
known as centric ordered phase encoding (COPE) (Haacke and Patrick 1986). 
Because the end of the expiration lasts slightly longer than the end of inspira- 
tion and has minimal displacement, COPE acquires a large portion of central 
k-space views during this best window of the respiratory cycle. Since the 
image quality and contrast is largely determined by the central k-space data, 
COPE can provide better ghost reduction than ROPE, even though its appar- 
ent motion frequency / m>a is twice as high. Moreover, COPE keeps the best 
k-space data (i.e., those acquired during the best respiratory window) from 
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being attenuated if k-space windowing is applied during image reconstruction 
(Section 13.1). 

Unlike ROPE, COPE does not use a real-time displacement probability 
function (see later discussion) to guide view selection. Instead, it assumes a 
predefined probability in determining the k-space views. As such, mismatch- 
ing between the respiratory displacement and k-space view often occurs, even 
when breathing is stable. This results in some high-frequency components 
contaminating the low-frequency k-space modulation function. To solve this 
problem, hybrid ordered phase encoding (HOPE), was introduced. It uses dis- 
placement probability profiling to minimize the high-frequency modulations 
in COPE. The details of the algorithm can be found in Jhooti et al. (1998). 



High- Frequency View Reordering In high-frequency view reordering, 
neighboring k-space lines are acquired at a different respiratory displace- 
ment so that motion appears to be at the highest possible frequency (i.e, 
maximizing / m>a ). For example, if a k-space line is acquired at the end 
of the expiration phase, then its neighboring k-space line can be acquired 
halfway between the end of expiration and the end of inspiration (i.e., the two 
k-space lines are separated by one quarter of the respiratory cycle). This view- 
ordering scheme (Figure 12.20c) results in an apparent motion frequency of 
/m,a = Nphase/(2r scan ) (i.e., there are N p hase/2 cycles during the entire scan 
time). According to Eq. (12.23), the ghosts will be shifted by one-half of 
the FOV along the phase-encoded direction. If the FOV is approximately the 
same as the dimension of the imaged subject, the ghosts alias onto the desired 
structure, obscuring it in the image. If, however, the FOV is doubled in the 
phase-encoded direction, cropping can separate the desired image from the 
ghosts (Figure 12.18). 

Doubling the FOV without increasing A/phase reduces the spatial resolu- 
tion. This problem, however, can be solved when signal averaging is used. 
When NEX = 2, for example, an additional set of k-space lines with an off- 
set of l/(2FOV) can be obtained, instead of repeating the same k-space line 
twice. This doubles the FOV in the phase-encoded direction, while maintaining 
the image resolution and SNR gain. Thus, high-frequency view reordering is 
most conveniently used when NEX > 1 . For acquisitions with NEX > 1 , high- 
frequency ordering is usually preferred to low-frequency ordering because it 
places the ghosts one-half of the FOV away (and then crops the ghosts off) 
instead of one pixel away. A pair of abdominal images before and after applying 
high-frequency view ordering is shown in Figure 12.21. 

Note that the high-frequency ordered k-space data also contain low- 
frequency components, as shown by the slowly increasing baseline in 
Figure 12.20c. This effect can cause image blurring. A method to reduce this 
effect is discussed in Pelc and Glover (1987). 
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FIGURE 12.21 Two liver images (a) without and (b) with a high-frequency view 
reordering scheme. Note the reduced ghosting artifacts in the region indicated by the 
arrow. 

Practical Considerations View reordering algorithms monitor the res- 
piratory waveform before the start of the scan as well as throughout the 
scan. By acquiring respiratory signals over several cycles just prior to the 
start of the scan, a histogram that relates the respiratory displacement to 
the frequency of occurrence can be constructed. This histogram is updated 
during the data acquisition to account for the changes in breathing patterns. 
Based on the histogram, a mapping function or a lookup table that relates 
respiratory displacement to a range of desired k-space views is generated. 
This can be done using a probability distribution function p(r), which is 
defined as the number of occurrences at displacement rover the total number 
of measurements: 

N k (r) = p(r) yV phase (12.24) 

where N^(r) is the number of k-space views that can be acquired when the 
respiratory cycle is at displacement r. The probability function p(r) can be 
readily derived from the histogram. 

During data acquisition, a reading from the respiratory waveform is 
obtained prior to playing out the first phase-encoding gradient pulse. The 
mapping function (or the lookup table) based on p(r) guides the sequence 
to play out the phase-encoding gradient amplitude that corresponds to one 
of the views given by Eq. (12.24). Alternatively, the algorithm can deter- 
mine the most appropriate k-space view at a specific displacement r without 
using the probability distribution function. If that view has already been 
acquired, the algorithm proceeds to find the next most appropriate view. This 
process is repeated until all the views are acquired. For signal averaging (i.e., 
low-frequency reordering with NEX > 1 and high-frequency reordering with 
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NEX > 2), the same k-space view is repeated at the closest possible respiratory 
displacement r. 

View reordering does not require patient cooperation and does not neces- 
sarily lengthen the total scan time. These advantages result in frequent use 
of viewing reordering in many applications. For patients with irregular res- 
piration, timely updating of the histogram of respiration is essential to obtain 
optimal artifact reduction. Note that although view reordering reduces ghost- 
ing artifacts, it does not in general reduce image blurring caused by subject 
motion. 
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13.1 Fourier Reconstruction 

In MR imaging, the time domain signal corresponds to the Fourier trans- 
form (FT) of the transverse magnetization (suitably denned to include factors 
such as relaxation effects, flow effects, and diffusion weighting). As a con- 
sequence, MR image reconstruction simply requires a 2D- or 3D-IFT. If the 
Fourier transform space (k-space) is sampled along a rectilinear trajectory, the 
2D- or 3D-IFT can be done with a series of FFTs. If k-space is sampled with 
a nonrectilinear trajectory such as a spiral or projection acquisition, the data 
are typically resampled to a rectilinear grid to enable the use of FFTs. This 
operation is known as gridding (Section 13.2). Projection acquisition data can 
also be reconstructed by filtered back-projection, which is commonly used in 
computed tomography (CT). 

In this section, we discuss image reconstruction for rectilinear sampling 
using FFTs. Most of the material in this section applies either to data acquired 
with a rectilinear k-space trajectory or to rectilinear k-space samples estimated 
with gridding. We consider only the case of full Fourier acquisition, in which 
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data are sampled symmetrically over both positive and negative spatial fre- 
quencies. Reconstruction for the partial Fourier case, in which the acquisition 
is not symmetric, is handled in Section 13.4. 



13.1.1 Zero Filling 

The 2D- or 3D-IFT is usually done with FFTs. Because FFTs typically 
require the input data length to be a power of 2, the acquired data are appended 
with zeros in any direction(s) necessary to fulfill this condition. This step is 
also called zero padding or zero filling. It is customary to center the data in 
the 2D or 3D array that is input to the FFT; that is, the data are zero-filled 
symmetrically. 

Sometimes additional zeros are appended to extend the data length to a 
yet higher power of 2 for image-quality considerations. Because the object 
is of finite extent (i.e., it has compact support), its FT has infinite extent, 
so the measured k-space signal is invariably truncated. Truncation is equi- 
valent to multiplication of the k-space data by a rectangle function (i.e., a 
boxcar), which is equivalent to convolution in image space with a SINC 
function (the FT of the RECT function). Therefore, zero filling results in 
upsampling of the image by SINC interpolation and provides additional 
SINC-interpolated pixels in the display matrix. Although it does not add any 
information content to the raw data, zero filling can improve the apparent 
spatial resolution (i.e., measured in line pairs per millimeter) by giving the 
image a smoother or less blocky appearance due to reduced partial volume 
artifacts (Du et al. 1994). Zero filling has no effect on the SNR, although 
because it is an interpolation method it can correlate the noise. Zero filling is 
commonly used to increase the image matrix size in the phase-encoded dir- 
ection (e.g., from 256 to 512) or in the slice-encoded direction for 3D scans 
(e.g., from 32 to 64). The apparent gains in spatial resolution are greatest 
for the first doubling of the FT length. Increasing the FT length beyond a 
factor of 4 provides magnification of the image, but does not provide any 
further gains in apparent spatial resolution. This is sometimes called 'empty' 
magnification. 

A drawback to zero filling is the increase in reconstruction time due 
to the increased FT length. Also, images with large matrices, for example, 
1024 x 1024 or 2048 x 2048, can bog down system functions such as display 
and archive. Finally, zero filling can increase the conspicuity of truncation 
artifacts (i.e., Gibbs ringing) in MR images (discussed later in this section). 
Despite these minor drawbacks, zero filling is widely employed in modern 
MR reconstruction algorithms because of its computational convenience and 
its image-quality advantages. 
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13.1.2 Phase Shifting 



As discussed in Section 1.1 on FTs, when a sequence of numbers 
So, S\, . . . , Sn-\ is input to an FFT, the algorithm assumes that the DC 
point (the zero frequency or zero time point) is the initial point So. The 
zero and positive spatial frequency (or positive time) values are assumed 
to be So, Si, ... , Sjv/2-i; the negative spatial frequency (or negative time) 
values are assumed to be (going from most negative to least negative) 
Sw/2, Sjv/2+i , • • • , Sjv_i . Discrete sampling in one domain causes replication 
in the Fourier conjugate domain. Note that because the output of the FFT is 
discretely sampled, the input sequence is replicated, as shown in Figure 13.1. 

MRI data are not generally acquired or stored in the input order expected 
by an FFT. For example, the data measured in a single readout of a full echo are 
ordered from negative to positive k x (or vice versa depending on the readout 
gradient polarity), with the k x = point (DC point) falling in the middle for 
a full echo acquisition. When applying FFTs to k-space data, the data array 
could be reordered to fit the FFT locations. It is more common, however, to 
store the data with the DC point in the middle in the k x ,k y , and k z directions 
(assuming full k-space sampling) and to apply phase corrections after the FFT 
that compensate for the shift by N/2. 

According to the Fourier shift theorem (Section 1.1), for ID data a dis- 
placement by m data points gives a phase shift of e llnnm l N for the nth data 
point in the Fourier conjugate domain. Therefore a displacement of N/2 pixels 
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FIGURE 13.1 Raw k-space data sequence used as input for an FFT (indicated by 
the rectangular frame). The sequence values are So, Si, ... , Sjv-i- The DC value 
is So- Positive spatial frequencies (or times) are represented by So, Si, ... , Sjv/2-i- 
Negative spatial frequencies (or times) are represented by S/v/2, Sjv/2+1, ■ • • , Sn-\- 
The sequence can be thought of as a periodic array of replicates with the input to the 
FFT shifted by N/2 points relative to the conventional MR acquisition where DC is at 
the center of the array. 
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gives a phase shift of e !2 ^ n (' v /2)/A' _ e mn _ (_i)« This corresponds to a sign 
alternation of every other point. Therefore, it is not necessary to shift the array 
of input data to the FFT algorithm so long as the output of the FFT is sign 
alternated. 

Similarly, the FFT algorithm creates an output sequence with the DC 
value as the initial point, not the center point. The output could be reordered 
to translate the DC point back the to the center. It is simpler, however, to 
apply a phase shift prior to the FFT that makes this happen automatically. The 
phase shift is just a sign alternation of every other k-space sample. For a 2D 
FFT, the resulting sign alternation for the entire 2D array is the combination for 
both directions, resulting in the checkerboard pattern illustrated in Figure 1 3.2. 
Similar extension applies to the third FFT direction. Note that if the half -pixel 
offset described in Section 1 . 1 cannot be neglected, it can be corrected for at 
this stage with appropriate phase shifts. 

In summary, the FFT algorithm assumes that both input and output data 
are shifted by N/2 relative to the conventional ordering. The shifts are accom- 
plished by sign alternation in the Fourier conjugate domain. Sign alternating 
the input gives the output shift; sign alternating the output gives the input shift. 
Note that for a magnitude reconstruction, the sign alternation step after the FT 
can be skipped, but the sign alternation before the FT must be performed. 

13.1.3 Windowing 

When measured data contain only a low-frequency subset of the complete 
set of magnetization Fourier components, the reconstructed image contains 



§ 



FIGURE 13.2 Sign alternation for 2D Fourier reconstruction. The matrix multiplies 
k-space data prior to the FFT to shift the DC point to the center of the image. The matrix 
multiplies the image after the FFT to compensate for the DC point of the k-space array 
being shifted to the center. 
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overshoot and ringing artifacts, particularly near sharp edges. The maximum 
overshoot (or undershoot) is approximately 9% of the intensity difference, 
irrespective of the number of data points used in the FFT. This artifact is 
also called truncation artifact or Gibbs ringing (after the American mathem- 
atician and physicist Josiah Willard Gibbs, 1839-1903, who first explained 
the phenomenon) (Oppenheim and Schafer 1989; Smith 1999). The trunca- 
tion is equivalent to multiplying the k-space data by a rectangle function as 
previously discussed, and results in the convolution of the image with a SINC 
function. For small matrix sizes, which imply large pixel sizes, the rectangle 
has a relatively low cutoff frequency, giving a SINC that produces ringing 
with wide lobes. A useful rule of thumb is that truncation artifacts become 
substantial only when the edge transition width in the object is on the order of 
or smaller than the pixel size (without zero filling). 

The ringing can be reduced by multiplying the k-space data by a filter or 
window function that smoothly attenuates the high spatial frequencies. This 
process is called apodization (literally translated as "cutting off the feet"). 
The signal from the spin density in the image is convolved with the FT of the 
window, which is known as the point-spread function. Because the window 
function smoothly rolls off toward zero, instead of abruptly truncating like the 
rectangle, the amplitude of the point-spread-function side lobes are smaller 
than those of a SINC function, which reduces the ringing. The trade-off is that 
the point-spread-function main lobe is wider than for the original SINC, thereby 
reducing the spatial resolution. The window is typically characterized by a 
cutoff distance k c and a rolloff width w. These parameters are adjusted to trade 
spatial resolution for reduced ringing artifacts. A comprehensive list of useful 
window functions and their FTs can be found in Harris (1978). Windowing 
is usually applied in the k x and k y directions for 2D scans and in addition in 
the k z direction for 3D scans. Note that the sign alternation matrix that places 
DC at the center of the output image can be conveniently built into the 2D or 
3D window function. 

An example of a window function from Harris (1978) suitable for use with 
MRI k-space data is the cosine taper or Tukey window. In one dimension, the 
Tukey window W(k) is given by: 

1 |jfc| < k c 

cos2 ( * (l *2w* c) ) *«= <; 1*1 < *c + «> (i3.i) 

k c + w < \k\ 

where k c is the maximum unattenuated spatial frequency (cutoff), and w is 
the roll-off distance. The window transitions smoothly from 1 to over the 
distance w (Figure 13.3). Applying the ID window to 2D k-space data can be 
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FIGURE 13.3 Plot of the ID Tukey window in Eq. (13.1) with parameters k c ■■ 
and w = 20. The window goes to at k = ±128. 



done in several ways. One way is to use a 2D window function W2V>(k x , k y ) 
that is a product of two ID window functions (also called a separable window 
function): 

^2D (k x , k y ) = W {k x ) W (k y ) (13.2) 

The window in Eq. ( 1 3.2) gives a point- spread function with a spatial resolution 
that is anisotropic (varies with direction in the image). Figure 13.4 shows an 
example of a 256 x 256 2D window function that corresponds to the point- 
spread function created using Eqs. (13.1) and (13.2) with the parameters k c = 
108 and w = 20. (In this section, k-space locations are given as indices in the 
k-space array, for example a 256 x 256 k-space array has k x and k y in the range 
[—127, 128]). As Figure 13.4 shows, the maximal cutoff extends further out 
along the diagonals of k-space. Correspondingly the lobes of the point-spread 
function are smaller, resulting in better spatial resolution along the diagonals 
than along the x and y axes. 

A common choice is to use a window function with the same cutoff regard- 
less of azimuthal angle to give isotropic spatial resolution. This is sometimes 
called a radial or nonseparable window. Because the noise power is relatively 
uniform over k-space and the signal power is concentrated near the center, the 
uniform cutoff also gives better SNR than a separable window with the same 
cutoff. 
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FIGURE 13.4 (a) 2D separable Tukey window function (256 x 256 k-space matrix) 
and (b) corresponding point-spread function (8x8 pixel display zoomed at the center 
with interpolation). The spatial resolution is anisotropic (varies with direction) because 
of inclusion of the corner areas of k-space. The window parameters are k c — 108 and 
w — 20 for both k x and k v directions. 



Note that using a uniform cutoff discards the corners of k-space. In fact, 
it can be shown that using the k-space corner data is not beneficial unless an 
interpolation method such as zero filling is used to increase the image matrix 
size (Bernstein et al. 2001). Interpolation by zero filling gives sufficient image 
sampling to use the data from the corners of k-space and results in higher 
diagonal resolution, provided those data are acquired and not discarded by 
windowing. 

Even when zero filling is used, however, it is common practice to discard 
the corners of k-space with radial windowing to obtain isotropic resolution and 
improve SNR. This is one reason that some nonrectilinear k-space trajectories, 
such as spirals, are slightly more efficient than rectilinear trajectories when 
isotropic resolution is desired. Spirals do not waste time acquiring data in the 
corners of k-space. With rectilinear trajectories, if the corner data are discarded, 
the time spent acquiring these data is wasted because it does not contribute to 
improving the SNR. Efficiency can be improved for rectilinear trajectories by 
limiting the acquisition to a circular k-space area, for example with circular 
EPI (Section 16.1). 

The radial window can be implemented using the ID window function in 
Eq. (13.1) by setting: 

1*1 = yit2+*2 (133) 

where k x and k Y are the usual Cartesian k-space coordinates. Figure 1 3.5 shows 
an example of using Eqs. (13.1) and (13.3) with a 256 x 256 k-space matrix, 
* c = 108, and w = 20. 
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FIGURE 13.5 (a) 2D nonseparable (i.e., radial) Tukey window function and (b) corre- 
sponding point-spread function. The spatial resolution is isotropic because the window 
is circularly symmetric in k x and k x . The window parameters are k c = 108 and w = 20. 



So far we assumed that data were acquired over a square k-space matrix. 
To save scan time it is common to reduce the spatial resolution in the phase- 
encoded direction. To accommodate such scans with anisotropic resolution, 
the cutoff k c varies with the k-space azimuthal angle 0. As before, a separable 
2D window that retains the corners of k-space could be used: 



W 2 D(k x ,k y ) = Wi(k x )W 2 (k y ) 



(13.4) 



where W\ and W 2 have different cutoffs k c , corresponding to the different 
resolution limits (i.e., k-space extents) in the two directions. Alternatively, an 
elliptical cut-off variation that discards the k-space corners is described by: 



k 2 c , 



(13.5) 



where k cx and k cy are the k x and k y components of k c {8) and k\ and k 2 are the 
ellipse radii (i.e. semimajor and semiminor axes) in the k x and k Y directions, 
respectively. After some algebra, Eq. (13.5) can be rearranged to give: 



k 2 x +k 2 x /s 



where e = k\/k 2 is the resolution anisotropy. When £ = 1, we get k c = k\. 
Figure 13.6 shows an example of using Eqs. (13.1), (13.3), and (13.6) with 
e = 2, k\ = 108, and w = 20. 
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FIGURE 13.6 (a) 2D nonseparable Tukey window function and (b) corresponding 
point-spread function with anisotropic spatial resolution. The resolution is lower in 
the phase-encoded direction (k y direction) by a factor of 2. The window has an ellipti- 
cally varying cutoff that is correspondingly lower in k x by a factor of 2. The window 
parameters are e = 2, k\ = 108, and w = 20. 

13.1.4 Rectangular Field of View 

Many anatomical cross sections are better approximated by ellipses than 
by circles. A technique that exploits this fact to reduce scan time by decreasing 
the FOV in the phase-encoded direction is called rectangular field of view. If 
the FOV in the phase-encoded direction is reduced too much, rectangular FOV 
will result in aliasing or wrap-around artifacts. The technique is still useful if the 
wrapping artifacts are not superimposed on anatomy of interest. Rectangular 
FOV is mainly used for rectilinear k-space trajectories, but has been extended 
to some non-Cartesian trajectories (King 1998; Scheffler and Hennig 1998). 

In the phase-encoded direction, the FOV is inversely proportional to the 
distance between measured k-space lines. For a fixed spatial resolution (fixed 
maximum k y value /c yimax ), the number of phase-encoding steps N is directly 
proportional to the FOV L y : 

N = 2L v Ai v , max (13.7) 

Therefore scan time, which is proportional to N, can be shortened by reducing 
the phase-encoded FOV relative to the frequency-encoded FOV. This gives rise 
to an alternative name for rectangular FOV, fractional FOV. 

It is straightforward to modify the pulse sequence to implement rectangular 
FOV by reducing N and increasing the step size between the phase-encoding 
gradient lobes to maintain the same ^ ymax (i.e., the spatial resolution). The 
reconstruction changes are more substantial. If the reduced number of phase- 
encoded lines happens to be a power of two, an FFT can still be used in the 
phase-encoded direction. This will not usually be the case, however. In general 
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there are three ways to perform the Fourier transform: (1) by discrete Fourier 
transform (DFT), (2) by k-space interpolation to give a power of 2 for the 
phase-encoded data dimension followed by an FFT, and (3) by zero filling to 
give a power of 2 for the phase-encoded data dimension, followed by an FFT 
and image space interpolation to restore the correct aspect ratio. 

The first method is exact, but very time consuming because the DFT 
is much slower than the FFT. The second method is also time consuming 
because of the interpolation step. Because the object is compactly supported, 
SINC interpolation is the ideal choice. However, SINC interpolation is time 
consuming and a faster method such as gridding is the logical alternative. Some 
loss of image quality due to aliasing from the k-space resampling step typically 
results from gridding. 

The third method may be the most practical with the computing hardware 
typically available on commercial scanners. As an example, if 256 phase- 
encoding steps are used with full FOV, selecting 3/4 FOV means that 192 phase- 
encoding steps are actually acquired. Let L x and L y be the frequency- and 
phase-encoded FOVs, respectively, and let Ax and Ay be the corresponding 
pixel sizes. Because 192 is not a power of 2, zero filling is required for the 
FFT. Zero filling and performing a 256-point FFT results in an image with 
L y = (3/4)L x . Because both frequency and phase FFTs have 256 points, the 
pixel sizes are related by: 

Ay = Ly/256 = (3/4)LJ256 = (3/4) A* 

The image is therefore magnified in the phase-encoded direction at this stage. 
The desired phase-encoded pixel size Ay = Ax can be restored by interpola- 
tion (i.e., minification) in the y direction. For the special case of FOV fractions 
1/2, 1/4, 1/8, and so on, reconstructed x and y matrix sizes (i.e., FFT lengths) 
are different, no stretching occurs, and no interpolation is needed. For example, 
selecting 1/2 FOV gives 128 phase-encoding steps and L y = (l/2)L x . Using 
a phase-encoding FFT with 128 points gives: 

Ay = L y /l2S = (1/2)1^/128 = L x /256 = Ax 

After the FFT and interpolation, the image will have unequal matrix sizes 
in x and y and must be zero-filled in the phase-encoding direction for display as 
a square matrix. Although the interpolation step is time consuming, depending 
on the algorithm chosen, the complete reconstruction may take less time than if 
a DFT were used. Because the interpolation takes place on the final image rather 
than in k-space, the artifacts from interpolation errors are less objectionable. 
A cubic spline interpolation is one possible choice (Parker et al. 1983). If an 
image-warping correction is used to compensate for gradient nonlinearity (see 
later discussion), the interpolation step can be conveniently included within it. 
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13.1.5 Multiple-Coil Reconstruction 

When multiple receivers are used, complex images from each coil-receiver 
pair are individually reconstructed as previously described. The final mag- 
nitude image is usually reconstructed using a square root of the sum of the 
squares algorithm (Roemer et al. 1990). If the image from each of the coils is 
Ij(x, y), where j refers to the coil number, the final 2D image is: 



I(x,y) = 

N 



e(^) 



where the sum runs over all the coils in the array, and a 2 is the noise variance 
from coil j. The value of a 2 depends on coil loading and therefore depends on 
the coil proximity to the patient anatomy. Therefore a 2 is usually measured 
in vivo using: 

a) = E(x* Xj ) - E(x*)E{Xj) (13.9) 

where Xj is a complex random variable denoting noise from coil j, star (*) 
denotes the complex conjugate, and E is the expectation operator (i.e., E oper- 
ating on a random variable gives the mean of that variable). The measurement 
of a 2 takes place during the calibration that is normally done for each patient 
scan to calibrate the RF power and transmit-receive frequency. The xj are 
data collected without gradient or RF pulses at the readout bandwidth of the 
patient scan. 

An image with slightly better SNR can be reconstructed if the receive coil 
B\ fields B\j(x, y) are known. The image is given by (Roemer et al. 1990): 

Kx,y)= jT Uj y < 13 - 10 ) 

Zj, k Bij(x, y )irJ k l B uk (x,y) 

where fjk is the coil noise correlation matrix given by: 

f Jk = E(x*x k )-E(x*)E(x k ) (13.11) 

Note that x/tjj — a 2 . The reconstruction in Eq. (13.10) removes the receive coil 
B\ weighting from the image. Therefore the final image I(x, y) has different 
units than the individual images I k (x, y). The receive coil B\ field B\j(x, y) 
can also be normalized so that the final image is weighted by the receive coil 
B\ fields. Additional discussion of sensitivity measurement can be found in 
Section 13.3 on parallel imaging. 

Due to the inconvenience of estimating B\j(x, y), the sum of squares 
approximation in Eq. (13.8) is more commonly used today. Roemer et al. 
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(1990) show that the SNR loss from using the sum of squares approximation is 
usually only a few percent. Eq. ( 1 3. 10) reduces to Eq. ( 1 3.8) by approximating 
the receive fields using: 



by ignoring the coil noise cross-correlations, which are usually small, and by 
setting: 

*»=\°J j=* (13.13) 

The multiple-coil reconstruction in Eq. (13.10) is also the same as the 
reconstruction for SENSE when an acceleration factor of 1 is used. 

Note that Eq. (13.10) gives a complex image, whereas Eq. ( 1 3.8) gives only 
a magnitude image, making its use problematic with methods that require phase 
images (e.g., phase contrast, temperature mapping, or shimming). Methods for 
estimating multiple-receive-coil phase difference images for such applications 
are described in Section 13.5. 



13.1.6 Image Warping 

MR imaging is based on the assumption that the z component of the total 
B field created by the gradient coils varies linearly with x, y, or z over the 
FOV. Linearity is high near the gradient coil isocenter, but degrades with off- 
center distance. The linearity fall off with distance depends on the gradient coil 
design. Substantially higher gradient amplitude and slew rate can be achieved 
by compromising a gradient coil's spatial linearity, effectively reducing the 
imaging volume over which a given linearity is achieved (Harvey 1999). Such 
a trade-off is attractive for applications that do not require a large FOV (e.g., 
for brain imaging). 

With cylindrical magnets, the gradient field diminishes with off-center 
distance in z and increases with off-center distance in x and y due to proximity 
to the conductors. The effect is to increase the FOV or slice width with off- 
center distance in z and to decrease it with off-center radial distance. The 
image appears distorted both in size and intensity as a result. For example, 
in the z direction, the object in a sagittal image appears minified and brighter 
near the edge of the FOV in the superior-inferior (SI) direction (Figure 13.7). 
With 2D slice selection, the slice location is also shifted and is not planar 
(also called the potato chip effect). Depending on the coil design, gradient 
nonlinearity effects may be substantial enough to require correction. 
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FIGURE 13.7 Sagittal image of a cylindrical phantom with a 48-cm FOV. The image 
was obtained from a horizontally oriented cylindrical magnet. Images are (a) without 
and (b) with a gradient warping correction. In (a) the object appears compressed in 
the anterior-posterior (AP) direction as well as brighter near the edges of the FOV in 
superior-inferior (SI) direction. 

Image warping that is not directly related to the gradient coil can also 
occur in the phase-encoded direction with pulse sequences that use a train 
of gradient echoes (e.g., EPI) along with a rectilinear k-space trajectory. The 
warping can occur because of Bo inhomogeneity, concomitant gradient fields, 
or eddy currents generated by large-amplitude gradient waveforms such as 
diffusion-sensitizing gradients. 

Additional geometric distortion occurs in the readout direction with rec- 
tilinear k-space trajectories due to local resonant frequency variations arising 
from susceptibility differences within the object and chemical shifts. 

For most clinical applications, only the warping due to gradient nonlinear- 
ity is routinely corrected. For some applications, such as DWI or stereotactic 
localization, other distortions must be corrected as well. Extensive work has 
been done on the measurement and correction of the various distortions. Hajnal 
et al. (2001) give a survey and list of references. Langlois et al. (1991) provide 
a correction algorithm for nonlinear gradient fields. 



13.1.7 Scaling 

MR acquisitions obey a well-known scaling relationship that states that the 
image SNR is proportional to the product of the voxel volume and the square 
root of the total time the data are sampled. (More discussion and an example 
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of the use of this scaling relationship are provided in Section 11.6.) Separate 
scaling relationships can also be derived for the signal and for the noise. The 
MR signal intensity in a real, imaginary, or magnitude image is proportional 
to the receiver gain, the voxel volume, and the total acquisition time (which is 
proportional to the number of acquired k-space points in k x , k y , and k z times 
the number of averages of each point). This scaling relationship for the signal is 
useful for image normalization in order to avoid the need for excessive window 
and level adjustment among various images, which simplifies image filming 
and display. 

The image is also usually scaled to fit the dynamic range of the data 
storage and image display. (Note that image scaling here should be distin- 
guished from the receiver-gain adjustment of the raw k-space signal, discussed 
in Section 1 1 .6.) Images are typically stored in integer format (e.g., 2 or 4 bytes) 
and must be scaled so neither the greatest positive nor negative integer value 
is exceeded. Conversely, the scaling should not be too low, otherwise small- 
intensity fluctuations will map to less than one gray level change and the image 
will have a blocky appearance. The scaling factor used in image reconstruction 
is typically predetermined empirically based on receiver coil sensitivity, the 
allowable data dynamic range in the computer, and a representative imaging 
protocol. 

13.1.8 Baseline Correction 

With some receiver hardware, a DC offset (baseline) can be present in 
the measured k-space data. Although the baseline can be eliminated by phase 
cycling (Section 1 1 .5), it is also sometimes measured either at the beginning or 
end of data acquisition and then subtracted from the raw data prior to all pro- 
cessing steps. This baseline is measured by collecting data without gradient or 
RF waveforms. The data collection time is chosen to give a baseline estimate 
with negligible noise. The baseline offset can also be estimated without acquir- 
ing additional data by taking the average of the last few points in a k-space 
line (FID or echo signals). A key assumption is that the magnetization has 
already decayed or dephased at the end of a k-space line and the remaining 
signal corresponds to the DC offset. 

13.1.9 Summary 

The steps in the Fourier reconstruction of rectilinear k-space data are 
(Figure 13.8) 

1 . Subtract a baseline, if needed. 

2. Zero-fill to the next power of 2 (or to an even higher power of 2 if image 
interpolation is desired). 
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Figure 13.8 A flowchart summarizing the Fourier reconstruction steps. 

3. Multiply by the window function to reduce Gibbs ringing. Sign altern- 
ation to translate DC to the center of the output array can be built into 
the window. 

4. Apply a 2D or 3D inverse FFT to translate k-space data into an image. 

5. Apply sign alternation of the output image if real or imaginary images 
are desired. 

6. Combine multiple coil data, if appropriate. 

7. Calculate the final image (real, imaginary, magnitude, or phase), 
including multiplication in the image domain by a sign alternation 
checkerboard, unless magnitude was chosen. 

8. Apply image warping to correct for gradient nonlinearity, if needed. 

9. Apply interpolation to restore the correct pixel-aspect ratio, if needed 
for rectangular FOV. This can be incorporated into the image-warping 
correction. 

10. Apply scaling. 
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13.2 Gridding Reconstruction 

When the entire MR data set is acquired along a uniformly sampled recti- 
linear k-space trajectory, the image can be reconstructed using FFTs. If any part 
of the k-space trajectory is nonuniformly sampled, the reconstruction algorithm 
is more complicated. Examples of such trajectories are spiral, radial projection 
acquisition, and EPI with ramp sampling, sinusoidal readout gradient, or zig- 
zag k-space trajectory. Nonrectilinear or nonuniformly sampled k-space data 
could be reconstructed directly with a straightforward extension of the DFT, 
sometimes called a conjugate phase reconstruction (Maeda et al. 1988). How- 
ever, this is usually far too slow to be practical. It is much faster to resample 
the data onto a uniform rectilinear grid to enable FFT reconstruction. The most 
common interpolation method is to resample the data after convolving them 
with a smooth function. The entire reconstruction process, including the FFT 
step, is frequently referred to as gridding. 

Gridding is usually the method of choice for reconstructing data from 
nonrectilinear k-space trajectories. Radial projection MR data can also be 
reconstructed using filtered back-projection, but that method is currently less 
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popular. In the following discussion we assume that k-space has been acquired 
using nonuniform sampling. The goal is to compute samples on a rectilinear 
k-space grid. 

The problem of resampling a set of discrete data has been extensively stud- 
ied and many methods have been developed (Matej and Bajla 1990; Rosenfeld 
1998; Van de Walle et al. 2000; Sarty et al. 2001). Straightforward interpola- 
tion methods result in high artifact levels, although the artifacts can be reduced 
by using more sophisticated interpolation. A convolution-based method such 
as gridding is commonly used in MR imaging because it is relatively fast com- 
pared to other methods and gives adequate image quality. This technique uses 
a convolution in k-space to convert the input data to a uniform rectilinear data 
set. The choice of convolution function involves a trade-off between processing 
time and interpolation accuracy. Because the spin density itself is compactly 
supported (i.e., it is zero outside some finite region), the sampling theorem 
states that the k-space value at any location can be calculated exactly by SINC 
interpolation of the measured values (i.e., by convolving measured k-space 
values with a SINC function) as long as the measured values are sampled at or 
greater than the Nyquist frequency. The original nonuniform k-space sampling 
results in aliasing, which has an infinite extent in the image domain. If the 
original k-space data are sampled at the Nyquist limit, the aliasing lies outside 
the representation of the object (Figure 13.9a). Convolution of the measured 
k-space data with a SINC multiplies the image with a rectangle function, 
removing the aliasing that would result in the image domain (Figure 13.9b). 
Subsequent uniform rectilinear k-space resampling causes replication in the 
image domain after the 2D-FFT (Figure 13.9c). Because the aliasing has been 
removed, no overlap with the object occurs. 

The disadvantage of SINC interpolation is that the SINC function is not 
compactly supported (i.e., it has infinite extent). Computing the k-space data 
at every new k-space location therefore requires multiplication of the SINC 
function by all measured k-space values, resulting in relatively long com- 
putation time. 

In gridding, the SINC function is replaced by a compactly supported func- 
tion (the gridding kernel) in order to reduce convolution time. Convolving the 
k-space data with the gridding kernel is equivalent to multiplying the image 
by the FT of the kernel, which is not compactly supported. Aliasing from the 
original sampling is therefore attenuated but not eliminated, as it is with a 
SINC convolution. The attenuated aliasing is replicated in the image domain 
(along with the object) after the FFT of the resampled rectilinear k-space data 
and therefore overlays the object. 

Gridding therefore results in some loss of image quality compared to SINC 
convolution because resampling the convolved k-space results in an image 
with aliasing (discussed more extensively later in this section). The aliasing 
is usually reduced to an acceptable level by k-space oversampling to increase 
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FIGURE 1 3.9 (a) Simulated spiral scan image showing aliasing artifacts (swirls). The 
aliasing extends to infinity even though only a finite section is shown. The box shows the 
FOV prescribed in the scan, (b) Image resulting from SINC interpolation of the k-space 
data used for image (a) without rectilinear resampling (i.e., continuous k-space data), 
(c) Image resulting from SINC interpolation plus rectilinear resampling. Image (b) is 
replicated at intervals determined by the k-space rectilinear resampling distance. If the 
k-space data corresponding to image (a) are convolved with a compactly supported 
function instead of a SINC, the aliasing artifacts will not be truncated as they are in 
(b). (c) Uniform rectilinear resampling results in the overlap of the object from one 
replicate and aliasing from other replicates. 

the FOV (pushing rectilinear aliased replicates further apart in the image) and 
then discarding the excess FOV after the FT. Because convolution results in 
multiplication of the image by the FT of the gridding kernel, usually resulting 
in substantial shading, the shading is removed by dividing the image by the 
FT of the kernel. 

13.2.1 Basics of Gridding 



Let us start with the ID version of the algorithm; generalization to higher 
dimensions is straightforward. Let g(k) be the gridding kernel and let G(x) 
be its IFT. (Note that G(x) should not be confused with the gradient notation 
used elsewhere in this book.). To begin with, consider the limiting case of 
continuous (not discretely sampled) data S(k). Convolution with g(k) gives: 

S ic) (k) = f S(k')g(k - k')dk' (13.14) 

where the superscript (c) is introduced to represent convolved data. Of course, 
if we really had continuous data instead of sampled data, the data could be 
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sampled at uniform rectilinear locations without the convolution step. Now 
let the sampled k-space data be S(kj), where the locations kj need not be 
uniformly spaced. Convolution of S(kj ) with g (k) can be approximated by con- 
verting Eq. (13.14) to a sum. Resampling the convolution at uniform locations 
mAk, where m is an integer, gives: 

S {c) (mAk) = J^ S(kj)g(mAk - kj)Akf (13.15) 

where the superscript (s) denotes the sampled data. If g(k) has a compact 
support distance of w, the sum in Eq. (13.15) is taken over all the samples kj 
that are located within a distance w of each output point mAk. In other words, 
gridding is a local process that only needs to be performed near the original 
sample. 

The factor Ak^ is called the density compensation and corresponds to the 
discrete representation of the differential length element dk in Eq. (13. 14). The 
density compensation is required because, otherwise, the convolution would 
give higher values in areas where the samples were denser and lower values in 
areas where they were sparser, even when the sampled k-space data 5 were con- 
stant. The density compensation is usually estimated from differences between 
adjacent sample locations, for example, in one dimension Ak^m \kj —kj-\\. 
The factor Ak s is similar to the Jacobian dwell factor required for variable 
rate RF pulses (discussed in Section 2.4). 

After evaluating the convolution in Eq. (13.15) at the desired uniform 
sampling points, a standard reconstruction is done (here a 1D-IFT is applied). 
To reduce aliasing, the uniform sampling distance Ak is usually chosen to be 
one-half the value needed for the final desired FOVL, Ak — 1/(2L), resulting 
in / (x) with twice the desired FOV. The excess FOV at the edges is discarded, 
and the central region with reduced aliasing is retained. The resulting image 
is the IFT of S (c) times the IFT of g, G(x). Dividing by G(x) gives the final 
image: 

I(x) = FT- l [S {c) ](x)/G(x) (13.16) 

When gridding is extended to two or more dimensions, it is common to use 
a gridding kernel g2D that is separable, that is, can be factored into a product 
of ID kernels g\o. For example, in two dimensions: 

g2D(k x , k y ) = g 1D (k x )g lD (k y ) (13.17) 

inseparable kernel can give slightly faster computation in some situations 
"a et al. 1999). In the following discussion we assume a separable kernel 
is used because it has the advantage of a slightly simpler implementation. The 
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compact support length of the kernel can be different in different i 
For simplicity, we assume equal compact support lengths in all direc 
2D resampled data are given by: 

S (c) (mAk x ,nAk y ) 

= £ S(k xj , k yj )g lD (mAk x - k XJ )g w (nAk y - k yj )Akf 
J 
The factor Akf now represents the area around each of the nor 
sampled points. Details on how to obtain Ak^ are given later ii 
tion. The final image is obtained by performing a 2D inverse FF 
discarding the excess FOV as described before for the ID case, an 
by the inverse Fourier transform of g2D- If the separable version of g 
its IFT is equal to the product of the IFTs of g\n- 

To reduce computation time, the gridding kernel value is usualb 
culated for each output point. Instead the kernel values are cak 
a relatively small number of points, say 256, and stored in a loc 
Evaluation of g\r>(k) in Eq. (13.18) is done by using the nearest v 
lookup table. Alternatively, if the same k-space trajectory is used f( 
reconstructions and sufficient memory is available, reconstruction t 
images after the first one can be reduced by storing the gridding k< 
appropriate for each input data sample and for each rectilinear ] 
which that sample is distributed. 

In summary, the steps nrequired for gridding are the followin 
Figure 13.10 and Section 13.1 for a discussion of FT reconstructioi 

1 . Calculate the k-space locations and density compensation for 
data point. 

2. Calculate the gridding kernel and its inverse Fourier transfc 
store the gridding kernel as a lookup table or store the valu 
input and output data sample. 

3. Subtract a baseline from the input data if needed. 

4. Zero the output k-space matrix. For each input data samp 
the uniform rectilinear output locations within the comp£ 
distance of the input point. Distribute the product of the inp 
density compensation, and the appropriate gridding kernel 
each of the output locations in a running sum as indicated by I 

5. Apply a k-space window and sign alternation to the 
rectilinear k-space data. 

6. Inverse Fourier transform the uniform rectilinear samples ti 
intermediate image. 

7. If k-space oversampling is used to reduce aliasing, extract 
portion of the image corresponding to the desired final FO\ 
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FIGURE 13.10 Flowchart of steps in gridding, including the subsequent image 
reconstruction using FFTs. 



8. Divide the intermediate image by the Fourier transform of the gridding 
kernel. 

9. Apply sign alternation if a real or imaginary image is needed. 

10. Combine multiple coil data, if appropriate. 

11. Calculate the final image (e.g., real, imaginary, magnitude, or phase, if 
appropriate). 

12. Apply image warping if needed. 

13. Apply image scaling. 



13.2.2 Reconstruction Time 

The gridding reconstruction can be divided into three steps: convolution, 
FFT, and division by the IFT of the kernel. As an example, for the 2D case, the 
convolution in Eq. (13.18) is most conveniently done by taking each raw data 
sample, S(k xj , k yj ), multiplying by the factor gi D (mAk x - k xj )gi D (nAk y - 
k y j)Akj needed for k-space location (mAk x ,nAk y ), and adding the product 
to a running sum over the raw data samples for that k-space location. This 
process is repeated for each uniform rectilinear sample location (mAk x ,n Ak y ) 
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FIGURE 13.1 1 Diagram of gridding. Each input point is distributed to the uniform 
rectilinear output points that lie within the gridding kernel compact support distance w 
(shaded region). In this example, a separable kernel is used with w = 2 k-space sample 
points. 



located within the compact support distance w of S(k xj , k y j) (Figure 13.11). 
The number of multiplications in the convolution step is therefore the number 
of input data samples N s times the number of uniform rectilinear k-space 
locations located within a distance w of each input sample. If w is given in 
units of rectilinear k-space samples, the number of multiplications is wN s 
for ID gridding, w 2 N s for 2D gridding, and so forth. Note that if sufficient 
memory is available, the factor gw(m Ak x - k XJ )g\u(nAk y - & w )A^ s) can 
be computed in advance for each k-space sample. The factor does not need 
to be recomputed until a different k-space trajectory is used, and therefore 
we ignore its computation time. The FFT time for the 2D case is proportional 
tot; 2 N x Ny \og 2 (^ 2 N x N y ), where £ is the k-space oversampling factor (£ > 1), 
and N x and N y are the final matrix sizes in x and y. The division by the FT 
of the gridding kernel requires N x N y divisions. The number of operations for 
the three steps is summarized in Table 13.1. The convolution step is usually 
the most time-consuming step. Improving image quality by increasing either 
w or £ results in increased reconstruction time. 



13.2.3 Gridding Kernel 

Extensive work has been done to determine the optimal ID gridding kernel 
g(k) (Jackson et al. 1991). The consensus is that a Kaiser-Bessel function gives 
nearly optimal results in the sense that the final image is closest to the ideal 
image (obtained with conjugate phase reconstruction or SINC interpolation, for 
example) using some suitably defined metric such as a least-squares difference. 
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Table 13.1 

Approximate Number of Multiplications for Each of the Three Major 

Steps in 2D Gridding 



Number of 
multipl: 



Fast Fourier 
Convolution Transform 



Intensity 
Correction 



$ 2 N x N y \og 2 tt 2 N x N y ) N x N y 




k (k-space samples) 



x (image distance) 



FIGURE 13.12 (a) Kaiser-Bessel function (in arbitrary units, a.u.) plotted as a function 
of k-space distance (in units of k-space samples), (b) Inverse Fourier transform of the 
Kaiser-Bessel function (in arbitrary units, a.u.) plotted as a function of image distance 
for FOV L. Kaiser-Bessel parameters are w = 4 and b = 8. 

The ID Kaiser-Bessel function KB(k) (Figure 13.12a) is defined by: 

KB(*) = (l/w)I (b(l - 2k/w) 2 ) RECT (™\ (13.19) 

where /n is the zero-order modified Bessel function of the first kind, w is 
the compactly supported width of the kernel, b is a scaling parameter, and 
RECT(m) is the rectangle function defined by: 



|«|<1 

\u\> 1 



The IFT of KB(Jt) (Figure 13.12b) is given by: 

m(y/Tt 2 w 2 x 2 - b 2 ) 



FT- 1 [KB](x) = 



•Jn 2 w 2 x 2 - b 2 



(13.21) 
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For the Kaiser-Bessel kernel, g(k) and G{x) correspond to KB(&) and 
FT _1 [KB](a;), respectively. Note that the scaling factors of g(k) and G(x) 
are not important as long as they are consistent with one another. Alterna- 
tively, a scaling inconsistency can also be compensated for by changing the 
final image scale factor after reconstruction (Section 13.1). 

Although g(k) is usually chosen to be a Kaiser-Bessel function, any 
smoothly varying, compactly supported function will work reasonably well. 
The difference in image quality due to choice of gridding kernel is usually 
relatively minor for MRI data. Even a triangle function has been found to give 
acceptable results with MR data. Gridding has also been used with CT and 
positron emission tomography (PET) data. Perhaps due to the higher SNR 
of CT data, image quality is somewhat more sensitive to gridding kernel 
selections. 

The gridding kernel width w is usually chosen to be a few k-space samples 
(two to four is common). Increasing w causes G(x) to fall off more rap- 
idly, resulting in more suppression of aliasing artifacts, but correspondingly 
increases the computation time. If the Kaiser-Bessel function is used for the 
gridding kernel, the b parameter can be adjusted to change the fall-off of G(x) 
for a fixed choice of w. Because the final image is divided by G(x), care must 
be taken that it does not go to zero within the final FOV. The minimum values of 
b to avoid such a problem are shown in Table 1 3.2 for various values of w and § . 



13.2.4 Density Compensation 

The density compensation is, in effect, the area surrounding each k-space 
sample for the 2D case. It can be approximated by the differential area 
expression (numerical or analytic) for the k-space trajectory. If the original 



Table 13.2 
Minimum Kaiser-Bessel b Parameters" 









w 






s 


2 


3 


4 


5 


6 


1 

2 






3.51 



5.44 



7.30 
2.36 


8.89 
3.51 



" The b parameters are designed to avoid a zero in the 
Fourier transform of the Kaiser-Bessel function within the 
display FOV. The parameters £ and w are the k-space over- 
sampling factor and the Kaiser-Bessel compact support 
width, respectively, both in k-space sampling units. 



13.2 Gridding Reconstruction 515 

sample spacing is uniform over k-space, as with rectilinear spacing, then in 
2D, Aft' = Ak x Ak y is the same for all input samples and can be omitted 
because it simply contributes to an overall scale factor. 

In 2D polar coordinates, the differential area element is kdkdO. The 
density compensation is therefore given by Aft' = kj Akj A6j, where kj > 
and < 6j < 2n. With radial projection acquisition, each spoke is acquired 
at fixed 8 and all spokes have fixed increments Ak and AO. If Akj and A6j 
are the same for all samples they can be omitted. The density compensation 
then reduces to Aft' = kj. 

For a 2D spiral scan, the polar coordinate density compensation Aft' = 
kj Akj AQj can also be used. For an Archimedean spiral (Section 17.6) with 
uniform radial density, kj = AOj and Akj — 2jtX, where A. — N^ oi /{2nL), 
and yV s hot and L are the number of interleaves and FOV, respectively. For 
an efficient constant-velocity spiral, AOj is not constant but must be calcu- 
lated numerically or approximated. Hoge et al. (1997) has a more extensive 
discussion of spiral density compensations. 

Trajectories That Cross Some nonrectilinear k-space trajectories sample 
points in k-space multiple times. For example, rosette trajectories (Noll 1997), 
stochastic trajectories (Scheffler and Hennig 1996), and spiral trajectories have 
been designed that sample points (other than the origin) multiple times. It can be 
difficult to estimate Aft' s) when this happens. Also, for trajectories that cannot 
be expressed analytically, estimating the density compensation can be diffi- 
cult. For such cases, gridding itself can be used for the estimation as follows. 
The density compensation can be thought of as a function of k-space location, 
for example, in two dimensions, Aft (s) = Ak(k x j, ft >7 ). Estimating the dens- 
ity compensation at an arbitrary location (ft v , ft v ) from gridding yields: 

Aft (s) (ft.<, ft v ) % J2 A* (s) (*. v ;, k yj )g(k x - k xj )g(ky - k yj )Ak ( . } (13.22) 



Using Aft (s) (ft A y, kyj) = Aft s) gives: 

Aft (s) (ft. v , ft v ) % £] (Aftf) 2 #(ft.v - k xj )g(ky - kyj) (13.23) 

For the typical situation in which Aft' s) is slowly varying, we can use the 
approximation Aft' s) % Aft (s) (ft v , ft v ) within the summation in Eq. (13.23). 
This factor can then be pulled out of the summation, resulting in: 



Ej8(k x -k x j)g(ky-kyj) 
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Equation (13.24) can be used to estimate A^ s) at the original sample 
locations (k X j, k y j), as shown in Jackson et al. (1991). Alternatively, for slowly 
varying Akj , the density compensation can be pulled out of the summation 
in Eq. (13.18), resulting in: 

5 (0 M = Ej S(k xj , k yj )g(mAk x - k xj )g(nAk y - k yj ) 

X,n y J2jg(mAk x -k x j)g(nAk y -k yj ) 

(13.25) 
The denominator in Eq. (13.25) can be thought of as the normalization needed 
to get S (c) = 1 when 5 = 1 for each input data point. 

As yet another alternative, if an estimated density compensation 
Akj «; A^ e) is available, the estimation can be improved (Meyer etal. 1992), 
resulting in a better estimation of S (c) by using a straightforward extension of 
Eq. (13.25). The result is: 

. £ / S(k xj , k yj )g(mAk x - k xj )g(nAk y - k yj )Akf 

S K '(mAk x ,nAk Y ) = — : : — — — 

J2j g(mAk x - k xj )g (n Ak y - k yj ) Akf> 

(13.26) 

Equation (13.26) may be valuable for trajectories that cross, but that otherwise 
have an accurate estimate of Akj . 

For k-space trajectories that cannot be expressed analytically or that cross, 
an iterative algorithm for estimating the density compensating has also been 
developed (Pipe and Menon 1999). For such trajectories, yet another method 
for estimating the density compensation is the Veronoi diagram (Rasche et al. 
1999). 



13.2.5 Mathematical Details of Gridding 

The following section describes the mathematics of gridding in more 
detail. This section shows more clearly the origin of gridding aliasing artifacts 
and also applies this insight to derive a method of optimizing the gridding 
kernel. Readers who are not interested in these details can skip this section. 



Reconstructed Image Let the ideal continuous k-space data be S(k), 
where k is the 2D or 3D k-space vector. The details of gridding are connected 
to problems stemming from the sampling of continuous functions. The sym- 
bol /// (called the picket fence function) is sometimes used to mathematically 
represent sampling by multiplication with the function to be sampled. With 
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uniform sampling in one dimension: 

///(*) = ^S(k- jAk)Ak (13.27) 

The factor Ak in Eq. (13.27) represents the distance between samples. 
Although this factor is sometimes omitted, it is necessary to make the sampling 
function dimensionless because the units of a Dirac delta function are the 
inverse of the units of its argument. This ensures that the original continuous 
function and the sampled function resulting from multiplication by /// have 
the same units. Here we generalize the notation to the case of sampling at arbi- 
trary locations in two or three dimensions. Let the k-space sampling function 
for the pulse sequence be III (s \k) defined by: 

III (s) (k) = ^S(k- jfcj s) )A*J s) (13.28) 

where F and AkJ } are the k-space sample locations and the N -dimensional 
area around each sample respectively. (We discuss Ak* in more detail later.) 
The sampled k-space S (s) (£) is given by: 

S (s) (k) = S(jfc)/// (s) (jfc) (13.29) 

To get uniform rectilinear samples, S (s) (&) is first convolved with the gridding 
kernel g(k). The convolved k-space data S <c \k) are given by: 

S (c >(£) = [s (s) (k)j ® [g(k)] = I S {s) (k')g(k - k')dk' (13.30) 

The convolved k-space data are then resampled to a rectilinear grid by 
multiplying by the rectilinear sampling function: 

III (r) (k) = J2 S &- k ( p)Akf (13.31) 

where k • and Akj are the uniform rectilinear k-space sample locations and 
area around each sample, respectively. In two dimensions, /// (r) (k) is given by: 

III (r) (k) = J2 S ( k * - pAk x )Ak x J2 s (h - q&ky)Ak y (13.32) 



where p and q are integers. The k-space sampling distances are given by: 

Ak x = Ak y = 1/(£L) (13.33) 
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where | is the k-space oversampling factor (§ > 1), and L is the final FOV, 
assumed to be the same in both directions. The rectilinearly sampled data 
S (r) (k) are therefore: 

S iv) (k) = III {r) (k)S {c) (k) (13.34) 

The rectilinearly sampled data are then inverse Fourier transformed using FFTs 
to give an image I^ T \x): 

I (T \x) = FT~ l [s (r) (£)] (13.35) 

Using the convolution theorem and Eqs. (13.30) and (13.34), gives: 

7 (r) (i) = FT" 1 [/// (r) (£)] {fT^ 1 [s^Ofc^FT- 1 [g(h]} (13.36) 

We define I^(x) as the image that results from a conjugate phase reconstruc- 
tion of the original k-space data S (s) (k): 

7 (s) (Jc) = FT- 1 [5 (s) w] (13.37) 

We also define the IFT of the gridding kernel: 

G(Jc) = FT" I [g(*)] (13.38) 

Equation (13.36) becomes: 

I (T \x) = FT" 1 [/// (r) (£)l ® |/ (s) (*)G(x)) (13.39) 

We note that the FT of a ID picket fence function is another picket fence 
(Bracewell 1999): 



^28(k-jAk)Ak 



- Y^«5(x — jAx)Ax 



where Ax = l/Ak. Therefore FT _1 [/// (r) (£)] is also a picket fence func- 
tion because III {r) (k) is separable into a product of ID picket fence functions. 
For example, in two dimensions, 

ft -1 r/// (r) (£)l = J2s(x- pAx)J2 s (y-<i A y) AxA y (i3.4i) 
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Convolution with a rectilinear picket fence function replicates the convolved 
function at the spacing of the delta functions. Equation (13.39) results in: 

/«(* ) = J2 / (s) a - xj)G(x - xj) (13.42) 



where the rectilinear image replication locations Xj form a grid with spa- 
cing f L equal to the inverse of the rectilinear k- space sample spacing (see 
Eq. 13.33). (The notation xj describes discrete rectilinear sampling of the spa- 
tial variable x. For the ID case, Ax.j = jAx, whereas, for the 2D case, the 
subscript j maps onto two integers that indicate x and y locations; that is, Xj 
is equivalent to the coordinates (pAx, qAy) where p and q are integers as in 
Eq. 13.41.) The terms represented by the summation in Eq. (13.42) are aliased 
replicates created by the rectilinear resampling. 

The center of the image (central j = replicate) is extracted for final 
display, discarding any excess FOV at the edge that results from k-space 
oversampling. Mathematically, this step is represented by multiplying the 
image by an TV -dimensional rectangle function, symbolically represented as 
RECT(2x/L). For example, in two dimensions, the function is: 

RECT(2i/L) = RECT(2;t/L) RECT(2y/L) (13.43) 

The image weighting resulting from the FT of the gridding kernel is also 
removed. The final image h na \(x) is given by: 

/finai(x) = RECT ( ^ ) I (r) (x)/G(x) (13.44) 



Aliasing in Gridding Next we discuss the origin of aliasing artifacts in 
gridding. The original k-space sampling always results in aliasing: 

/ (S) (*) = /ideal(*) + A0?) (13.45) 

where hd S a\(x) is the object without aliasing, and A(x) is the aliasing pattern. 
If III^(k) is a rectilinear sampling pattern, A(x) consists of replications of 
hdea\(x) located on a rectilinear grid. If III {s) (k) is a spiral sampling pattern, 
A(x) consists of swirls (Figure 13.9a). Equation (13.42) becomes: 

7 (r) (x) = Y, 'ideal tf - Xj)G(x - Xj) + J2 MX - Xj)G(x - Xj) 
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Ideally III^(k) is chosen using the Nyquist sampling criterion so that A(x) 
lies outside /ideal (*)• If the gridding kernel g(k) is a SINC, then G(x) is a 
rectangle function and there is no overlap between /ideal (■*) an d A(x). This 
results in A(x)G(x) = and the second term in Eq. (13.46) vanishes. In that 
case, the central replicate (j = 0) extracted as the final image (Eq. 13.44) 
reduces to: 

/final (X) = /ideal (i) (13.47) 

If, however, g{k) is compactly supported, then G(x) never goes to zero and the 
replicates are attenuated but still overlap. In this case A(x)G(x) =£ and the 
second term in Eq. (13.46) is nonvanishing and overlaps the central replicate, 
resulting in aliasing contamination. 

Because G(x) decreases with \x\, the replicates farther from the origin 
are more attenuated at the central replicate. Therefore moving the noncentral 
replicates further away by oversampling k-space (§ > 1 ) decreases the aliasing 
artifacts from rectilinear resampling. The excess FOV is discarded. The final 
image is: 



/final (X) 



RECT(2x/L) ^ 

= /ideal (*) + ^ I^A(X 



xj)G(x - 



h) (13.48) 



where the second term represents the aliasing artifacts. 

One simple method of optimizing the gridding kernel is to consider the 
weighting applied to the first adjacent replicate of A (x) evaluated at the central 
replicate. From Eq. (13.48), this weighting (given without loss of generality 




FIGURE 13.13 Plots of the gridding aliasing factor a(x) given in Eq. (13.49) using 
a Kaiser-Bessel gridding kernel with b — 3, 4, 5, and 6 (in units of k-space samples). 
The horizontal axis is the distance from the center to the edge of the displayed FOV. 
(a) w = 2. (b) w = 4. The k-space oversampling factor f is 2 for both cases. 
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for the first replicate in the x direction) is: 

a(x) = G(x-rL)/G(x) (13.49) 

Choosing G(x), or equivalently g(k), to minimize a(x) minimizes the weight- 
ing applied to the first adjacent aliasing replicate. Figure 13.13 shows plots of 
a(x) for various Kaiser-Bessel function parameter choices. 
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13.3 Parallel-Imaging Reconstruction 

Parallel imaging is the use of phased array coils (sometimes called 
multicoil arrays) for the purpose of faster scanning. Phased array coils are 
most frequently used to improve SNR (Roemer et al. 1990). Except when ima- 
ging very small objects (e.g., tissue specimens) or at very low field strength 
(e.g., <0.2 T), the noise comes predominantly from the patient rather than from 
the measuring coils and electronics. The noise detected by a coil is induced by 
sources within the entire patient, but is weighted by the spatial sensitivity pro- 
file (receive B\ field) of the coil. Phased array coils improve SNR by reducing 
the coil size (sensitive volume), thereby reducing the amplitude of the noise 
detected. Multiple coils, each with its own dedicated receiver channel, can be 
combined into an array, such that their sensitive volumes overlap slightly and 
cover the same volume as a single larger coil. When combined, these coils 
yield a signal with approximately the same amplitude as that of a single coil 
that covers the same larger volume. The noise, however, is greatly reduced, 
resulting in improved SNR. 

Soon after the development of phased array coils, it was recognized that 
they could also be used to reduce scan time (Carlson 1987; Hutchinson and 
Raff 1988; Kelton et al. 1989; Ra and Rim 1993). The basis of all such par- 
allel imaging methods is that scan time is linearly proportional to the number 
of phase-encoding lines in a Cartesian acquisition. Increasing the distance 
between phase-encoding lines in k-space by a factor of R, while keeping 
the maximal extent covered in k-space (spatial resolution) fixed, reduces the 
scan time (Figure 13.14) by the same factor. In parallel imaging, R is called 
the reduction factor or acceleration factor. Increasing the distance between 
phase-encoding lines also decreases the FOV. If the object extends outside the 
reduced FOV, aliasing or wrap-around artifact occurs (Section 8.2). In parallel 
imaging, the spatial dependence of the B\ field of a receive coil array (also 
commonly called its sensitivity) is used to either remove or prevent the aliasing. 
SMASH (simultaneous acquisition of spatial harmonics) (Sodickson and Man- 
ning 1997) and SENSE (sensitivity encoding) (Pruessmann et al. 1999) are two 
well-known parallel-imaging strategies that prevent and remove the aliasing, 
respectively. 

With SMASH, the spatial dependence of the sensitivities is used to syn- 
thesize missing k-space lines by approximating the corresponding sinusoidal 
phase twists produced by an encoding gradient. A single k-space data set 
is constructed and Fourier transformed to give the final unaliased image 
(Figure 13.15). 

With SENSE, the individual receive coil k-space data sets are separately 
Fourier transformed, resulting in aliased images. The aliased images are then 
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Frequency 

FIGURE 13.14 (a) Fully sampled k-space. (b) k-space for parallel imaging with an 
acceleration factor R — 3. Dashed lines represent k-space views that are not acquired. 
Two measured lines k m and k m+ \ are shown along with missing lines at locations 
k m + Ak and k m + 2Ak, where Ak is the phase-encoding step size required for 
Nyquist sampling. 





FIGURE 13.15 Schematic representation of the SMASH reconstruction with four 
receive coils. The dashed lines represent the skipped k-space lines. 
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combined using weights constructed from the sensitivities to give a single final 
image with the aliasing artifacts removed (Figure 13.16). 

Parallel-imaging methods can generally be categorized as either k-space 
methods such as SMASH, in which missing k-space lines are restored prior 
to the Fourier transform, or image space methods such as SENSE, in which 
aliasing is removed in image space after the Fourier transform. The discussion 
in this section focuses on SENSE and SMASH. Other methods that do not fit 
into these categories are briefly mentioned later in this section. This section 
only covers parallel imaging for Cartesian (i.e., rectilinear) k-space trajectories 
that use phase-encoding. Parallel-imaging methods for nonrectilinear k-space 
trajectories such as spiral or projection acquisition have much greater computa- 
tional complexity and are generally less practical with the computing hardware 
currently available on commercial scanners. 

All parallel-imaging methods share several common features. SNR is 
always lower mainly due to reduced scan time, but there is usually an addi- 
tional SNR penalty as well. In SENSE, unwrapping the image aliasing further 
magnifies the image noise. In SMASH, combining the data from individual 
coils in k-space can give partial signal cancellation and therefore reduce the 
SNR in some parts of the image. Usually, the noise variance in parallel imaging 
is also spatially varying. 

Parallel-imaging methods require estimating the coil sensitivities. The 
sensitivities can be estimated using a separate calibration scan that covers 
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FIGURE 13.16 Schematic representation of the SENSE reconstruction with four 
receive coils. The dashed lines represent the skipped k-space lines. 
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the entire volume to be scanned with parallel imaging. Alternatively, a low- 
resolution sensitivity estimate can be built into the parallel-imaging sequence 
itself by measuring the central part of k- space with full Nyquist sampling while 
undersampling only the outer region of k-space. 

The coils must have some sensitivity difference in the phase-encoded dir- 
ection between object locations that alias to the same pixel in order to remove 
or prevent aliasing. Better separation of the sensitivity profiles gives better 
aliasing correction and less noise amplification, resulting in higher SNR. The 
optimal coil geometry for SMASH is probably an array of coils spaced along 
a line (a ladder array), although SMASH can produce high-quality images for 
any coil geometry. Parallel imaging can be applied to the secondary phase- 
encoding for 3D scans as well to the primary in-plane phase encoding. The 
object locations that produce aliased slices within a 3D slab are typically sep- 
arated by much smaller distances than those that produce aliased pixels in 
the in-plane phase-encoded direction, assuming the same parallel-imaging 
acceleration factor R. This gives smaller coil-sensitivity differences between 
aliased replicates and worse image quality. Therefore parallel imaging in the 
slice-encoded direction has been found less useful. More discussion of this 
point is provided in Section 1 1 .6. 

Parallel imaging is most useful for applications that have abundant SNR. 
One of the most successful applications has been to contrast-enhanced MR 
angiography (Weiger et al. 2000). Reducing the scan time is beneficial for 
catching the peak of the bolus and for shorter breath-hold times. Figure 13.17 
shows an example of contrast-enhanced MRA with SENSE. 

Using steady-state free precession (SSFP) gradient-echo pulse sequences 
such as True FISP (Section 14.1) for cardiac scanning gives sufficient SNR 
to allow acceleration factors R of 2 or greater. This results in shorter breath- 
holding times, improved spatial resolution, or improved temporal resolution. 

Another general way to use parallel imaging is for artifact reduction for 
echo train pulse sequences such as EPI (Section 16.1) or RARE (Section 16.4). 
EPI suffers from geometric distortion due to off-resonant spins, whereas RARE 
suffers from blurring due to Ti decay. Parallel imaging reduces the total number 
of k-space lines, which in turn can reduce the echo train length. For a fixed echo 
spacing, the longer the echo train, the worse the artifacts, so greater benefits 
result from using parallel imaging. Thus parallel imaging is especially useful 
for single-shot pulse sequences such as HASTE (or single-shot RARE) and 
single-shot EPI, in which parallel imaging can substantially reduce the amount 
of geometric distortion (Bammeret al. 2002) or blurring (Figure 13.18). 

An image can be reconstructed from undersampled k-space data with 
parallel imaging. Therefore, if full sampling (i.e., sampling that satisfies the 
Nyquist criterion) is used, parallel imaging provides a consistency check on 
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FIGURE 13.17 SENSE contrast-enhanced MRA of the abdominal aorta and branch- 
ing vessels, with an acceleration factor of R = 2. A coronal maximum intensity 
projection is shown. (Courtesy Pr. Regent, Brabois Hospital, Nancy, France.) 




FIGURE 1 3 . 1 8 Single-shot RARE (HASTE) (a) without SENSE and (b) with SENSE. 
R — 2. The reduced echo train length with SENSE reduces image blurring. (Courtesy 
Larry Tanenbaum, M.D., Edison Imaging Associates, Edison, New Jersey.) 



the data that can be used to correct for motion, Nyquist ghosting, or other 
artifacts (Kellman and McVeigh 200 1 ; Bydder et al. 2003). 

The next three subsections discuss the details of SENSE, SMASH, and 
their associated sensitivity calibration techniques, followed by an overview of 
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other methods. Readers who are not interested in these mathematical details 
can skip these subsections. 

13.3.1 SENSE 

In MRI, the reconstructed image is weighted by the component of the 
receive coil B\ field that lies in the transverse plane (Haacke et al. 1999), 
and this fact is key to parallel imaging. For 2D imaging, the image I(x,y) is 
given by: 

nx,y) = B l± (x,y)M ± (x,y) (13.50) 

where fi]j_ is the component of the receive B\ field that lies in the transverse 
plane, and M± is the demodulated transverse magnetization, suitably defined 
to include relaxation, flow, diffusion, and transmit B\ field nonuniformity 
effects. Note that this discussion assumes that we are using the rotating frame 
because M± is demodulated. In that frame, both Mj_ and B\± appear static for 
on-resonance spins. In general, both M± and B\± are represented by complex 
numbers. (The magnetization and receive fields are vectors that we represent 
using complex notation, as described in Section 1.2.) To simplify the notation 
when discussing multiple coils, we drop the subscripts in Eq. (13.50) and 
introduce new subscripts that refer to each coil. Throughout this section we 
also denote the coil B\ field or sensitivity as C. Thus, Eq. (13.50) can be 
rewritten: 

Ij(x,y) = Cj(x,y)M(x,y) (13.51) 

where the subscript j now refers to a particular receive coil. 

With SENSE, the scan time is reduced by the acceleration factor of R 
by spreading the phase-encoded k-space lines by this factor (Figure 13.14). 
The FOV of the reconstructed image is therefore reduced by the same factor. 
If the object extends outside the reduced FOV, some pixels will be aliased, 
or wrapped. This means that the image signal at an aliased pixel is a super- 
position of signal from the desired location in the object plus pixels that are 
displaced by integer multiples of L/R, where L is the original (unreduced) 
phase-encoding FOV. 

Without loss of generality, we take the phase-encoded direction to be the 
y direction in the image. We also drop any reference to the frequency-encoded 
direction because the following discussion holds for any frequency-encoded 
position x in the image. Let the total number of replicates due to aliasing at 
pixel location y be N\. The value of N\ is pixel-dependent and is determined 
by R and by the size and shape of the object (Figure 13.19). For a square 
object with the same diameter in the phase-encoded direction as the original 
FOV, Na = R everywhere. If the object diameter is smaller, then some pixels 
will have N\ < R. If the object diameter is larger than L, some pixels will 
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FIGURE 13.19 (a) Normal FOV. (b) Reduced FOV v 
The number of aliased replicates N A at each location 
and the acceleration factor R. 



Number of replicates N A 



ith R = 3 for parallel imaging, 
depends on the edge locations 



have N A > R and there will be phase wrap even without the SENSE FOV 
reduction. 

We can express the FOV reduction mathematically by saying that the 
R-Md FOV reduction results in an N A -fold aliased image representation. For 
each location y, we can write the image signal Ij(y) as a superposition of the 
original object and displaced replicates: 



ij(y) 



n a -i 
- £ C,iy 



where N c is the number of receive coils. Depending on the specific location 
of y, the number of replicates can vary. Thus, the range of summation is 
different, as schematically shown in Figure 13.20. If we assume that the coil 
sensitivities Cj(y) can be measured, then for each value of y, Eq. (13.52) 
represents N c simultaneous equations in N A unknowns. The unknowns are the 
aliased magnetization values M(y+nL/R). The Ij (y) are known because they 
are simply the reconstructed aliased images. (Discussion of how to obtain the 
coil sensitivities is deferred until later in this section.) If N c > N A , the system 
of equations can be solved to obtain M(y+nL/R).ltis convenient to generalize 
Eq. (13.52) to a matrix equation. With N c coils, we define appropriate matrices 
/, C, and M with dimensions N c x 1, JV C x N A , and N A x 1, respectively, and 
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FIGURE 13.20 Aliased replicates for SENSE, (a) Image with original M(y) (shaded) 
and two aliased replicates, M(y + L/R) and A/(y - L/R). (b) Plot of image intensity 
along the vertical line in (a). At y = yi, the overlapping replicates are M(y) and 
M{y + L/R), as in Eq. (13.52). At y = y 2 , the overlapping replicates are M(y + 
L/R), M(y), and M(y — L/R). At v = vj, the overlapping replicates are M (y) and 
M(y-L/R). 



rewrite Eq. (13.52) as: 



/()(.y) 
/i(.v) 



M(y) 
Miy + L/R) 



M(y + (N A -\)L/R). 



Co(y) •■• Cb0' + (W A -1)L//?) 

Cyv c -iO0 ••■ C/v c -i(.y + (/V A -l)i/^) 
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If N c > N&, Eq. (13.53) can be inverted to find the estimated transverse 
magnetization M. The most general solution that gives maximum image SNR 
is the pseudoinverse (Pruessmann et al. 1999): 

^(cVc^'cV -1 ]/ (13.57) 

where xj/ is the N c x N c coil noise correlation matrix in which a diagonal 
element represents noise variance from a single coil and an off-diagonal ele- 
ment represents a noise cross-correlation between two coils. (See Section 13.1 
for the definition and a discussion of \j/.) If N c > Na, the inversion problem 
of Eq. (13.53) is overdetermined. The extra degrees of freedom are then used 
with the coil-noise correlation matrix xj/ to improve the SNR. If N c — N\, 
there are no extra degrees of freedom available to improve the SNR. In that 
case, the coil-noise correlation matrix actually drops out of the solution. This 
can be seen by noting that for N c = Na, C is a square matrix and (assuming all 
inverses exist), (CV"'C) _I = C _ V(C f ) _1 so that Eq. (13.57) becomes: 

m = [(cV^'cj-'cV" 1 ] / = crVtcVcV -1 / = c -1 / 03.58) 

as we would expect from simply inverting Eq. (13.53). 

Frequently the off-diagonal elements of xj/ are negligible, and the diagonal 
elements are nearly equal to one another. In that case, xj/ can be replaced by 
the identity matrix and Eq. (13.57) simplifies to: 

Af = [(C t C)~ l C t l/ (13.59) 

Usually, almost no difference in the SNR results from omitting the coil-noise 
matrix from the reconstruction algorithm for coils that are well decoupled. 

With R = 1 (no scan time reduction), the SENSE reconstruction 
algorithm, Eq. (13.57), reduces to the optimal (maximal SNR) multicoil 
algorithm (Roemer et al. 1990). For the /? = I case, the sensitivity matrix C is 
a column vector and the matrix product C T xj/~ [ C is a pixel-dependent number. 
Hence, [CV~'C] -1 is just \/(C i \j/~ x C). The reconstruction algorithm 
reduces to: 



(13.60) 



Section 13.1 for multicoil 



C T i 
This result is equivalent to that giv 
reconstruction (Eq. 13.10). 

As we would expect, using SENSE always decreases the SNR because 
the scan time is reduced. The relationship between SNR with and without 
SENSE is: 

SNR S ENS E = SNRN r AL (13-6D 
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In Eq. (13.61), the normal scan has the optimal image combination given in 
Eq. (13.60). The factor J~R in Eq. (13.61) is the expected SNR loss that results 
from reducing the scan time by a factor of R (see Section 1 1.6). The factor 
g is called the geometry factor and represents noise magnification that occurs 
when aliasing is unwrapped. The geometry factor is determined by the diagonal 
elements of the matrix C f tl/~ l C and its inverse. These diagonal elements are 
[C'i/f _1 C] n and [(C^ _1 C) -1 ],-;, respectively for row (or column) ;'. The 
geometry factor is given by (Pruessmann et al. 1999): 



gi = y/[(CH- l C)- l ] u [C^f- l C] n (13.62) 

Equation (13.62) applies to all pixels in the image with the same number Na 
of aliased replicates. The subscript / refers to aliased replicate number i for 
that pixel and has the range 0, 1, . . . , N\ - 1. Equation (13.62) thus gives the 
geometry factor for all pixels that are related by aliasing at a particular location 
in the image. 

In general, the geometry factor depends on the number of aliased rep- 
licates yV*A and on the coil sensitivity difference between aliased pixels. The 
sensitivity difference depends on the coil conductor placement, the scan plane 
orientation, the phase-encoded direction within the scan plane, and the pixel 
location within the scan plane. In general, there must be some coil separation in 
the phase-encoded direction for aliasing unwrapping. Greater coil separation 
results in less noise magnification from the unwrapping. The geometry factor 
can therefore be thought of as a measurement of coil separation. It is useful 
to estimate the geometry factor when considering how to design a coil to be 
used with SENSE (Weiger et al. 2001). The geometry factor is a function of 
N A and ranges from g = 1 for yV A = 1 to g ~ 1 .5-2 for N A = 2 with typical 
coil designs. SNR is spatially dependent in SENSE and changes abruptly as 
TVa varies within the image. 

The noise amplification described by the geometry factor is also related 
to a property of the matrix C^f~ l C that is inverted in Eq. (13.57), called its 
conditioning. A poorly conditioned matrix amplifies the noise in the unwrapped 
SENSE images. The noise amplification for a poorly conditioned matrix can 
be reduced by a process called regular ization. Conditioning and regularization 
are explained in more detail in Press et al. ( 1 992). There are several methods for 
regularizing a matrix. If the matrix C*ijr~ x C is inverted using singular value 
decomposition (SVD), the matrix can be regularized by setting all eigenvalues 
that are below a certain threshold either to zero or to some appropriate lower 
limit. Alternatively, the matrix C^\j/~ l C can be regularized by adding a term 
proportional to the unit matrix (King 2001). The amount of regularization can 
be adjusted to reduce noise at the expense of additional uncorrected aliasing. 
Regularization can be optimized for each pixel to give more uniform SNR. 
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13.3.2 SMASH 

SMASH Reconstruction Algorithm Data acquisition for a SMASH scan 
is the same as for SENSE — the phase-encoding line separation is increased 
by a factor of R, as shown in Figure 13.14. For simplicity, we assume here 
that R is an integer, although SMASH also works with noninteger acceleration 
factors. The concept underlying SMASH is that the coil sensitivities provide a 
spatial weighting of the received MR signal that is completely analogous to the 
spatial weighting provided by the sinusoidal (complex exponential) Fourier- 
encoding functions. In SMASH, linear combinations of the coil sensitivities 
are found that approximate the complex exponential functions corresponding 
to the omitted k-space phase-encoding lines. 

As in the SENSE discussion, we take v to be the phase-encoded direction 
and drop reference to the frequency-encoded direction x. The desired k-space 
phase-encoding step size for a conventional (non-parallel-imaging) scan is: 

Alc y = \/Ly (13.63) 

where L y is the phase-encoding FOV. To reduce the amount of cumbersome 
notation, we henceforth drop the v subscript on k and introduce a subscript m 
that refers to the measured phase-encoding line number. The k-space data are 
therefore: 

Sj(k m ) = f Cj(y) M{y) e i2nk "> y dy (13.64) 

where, as before, j refers to the coil number. Suppose the acceleration factor 
is R = 3, so Sj(k m ) is measured for m = 0, m = 3, m = 6, and so forth. For 
a given measured k-space line m, we wish to construct the three new synthetic 
k-space lines: 

S{k m ) = j M{y)e l2nk '" y dy 

+ Ak)= f M(y) e i27Tkmy e i27zAky dy (13.65) 

S(k m + 2Ak) = f M(y) e i27lk ™ y e i2lT(2Ak)y dy 

where the S notation denotes the new k-space data. Note that the new k-space 
lines 5 have no coil dependency (the subscript j is gone) and therefore there is 
no sensitivity weighting in the integrals on the right-hand side of Eq. (13.65). 
The goal is to synthesize the additional complex exponentials e' 2jTpAky (where 
p = 0, 1, 2) that appear in the integrals of Eq. (13.65) using combinations 
of the coil sensitivities. If we can find weighting factors that approximate the 



S(k, 
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desired exponentials, then the synthesized k-space data in Eq. (13.65) can also 
be approximated. For example, let the coil weighting factors that give e l2npAky 

N c -\ 

J2aj, p Cj(y)=e i27TpAky (p = 0, 1, 2, ...,/?- 1) (13.66) 

i=o 

We can now obtain the new k-space data: 

S(k m + pAk) = f M(y) e i2ixk "' y e i2nipAk)y dy (13.67) 

as follows. Inserting Eq. (13.66) into Eq. (13.67) gives: 

S(k m + pAk) = / M(y)e' 2nkmy ^ aj, p Cj(y)dy (13.68) 

y'=o 

Taking the summation outside the integral in Eq. (13.68) yields: 

S(k m +pAk) = J2 aj,p \ Cj(y)M(y)e l27Tkmy dy 
;=0 J 

N c -\ 

= J^ aj, p Sj(k m ) (p = 0, 1, 2, ...,R- 1) (13.69) 



This is the desired result. The unmeasured k-space lines without coil sensitivity 
weighting are constructed as linear combinations of the measured lines (with 
a different weighting factor for each offset pAk). New lines at the measured 
locations m are also constructed the same way without coil sensitivity weight- 
ing. Note that the coil weighting factors a^ p are independent of the measured 
k-space line location k m . 

To see graphically how to construct a^ p , consider a ladder-geometry array 
of coils as shown in Figure 13.21a. A sample set of coil sensitivities is shown 
for the array in Figure 13.21b. For this oversimplified example, the sensit- 
ivities are shown as real functions, although in general they are complex. 
Most multiple coil arrays are deliberately designed so that the sum of the 
sensitivities is approximately constant (to give approximately uniform image 
homogeneity). Therefore, the first complex exponential e > 2 *(0 xAk )y — i can 
be approximated as a scaled sum of the coil sensitivities (Figure 13.21c). The 
second complex exponential e i2yTAky = e i2n{y l L) (sine and cosine with one 
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(a) (b) C, C 2 C 3 C 4 



DOCXA „ 



(c) C^C 2 +C 3 +C 4 (d) Ci + C 2 -C 3 -C 4 




FIGURE 13.21 (a) Ladder array with four coils that could be used with SMASH, 
(b) Coil sensitivities, (c) Approximation of g' 2jr(0xM)v = 1. (d) Approximation of 
sin(2;r Aky). (e) Approximation of cos(27r Aky). (f) Approximation of sia(2n2Aky). 



period over the FOV) can be approximated using scaled sums and differences 
of the coils as shown in Figure 13.21d-e. For the third complex exponential 
e i2n2Ak y _ e i2ir(2y/L) ^ two p ei -j oc js over the FOV), only the sinusoidal part can 
be well approximated as shown in Figure 13.2 If. This illustrates an intrinsic 
problem with SMASH, namely that it is sometimes difficult to approximate 
harmonic orders comparable to the number of coils in the array. 

This problem can be alleviated by generalizing the SMASH formal- 
ism (Sodickson and McKenzie 2001; Bydder et al. 2002; Sodickson 2000; 
McKenzie, Yeh, et al. 2001; McKenzie, Ohliger, et al. 2001). For example, 
for the R = 3 case discussed earlier, we note that S(k m + 2Ak) is the same 
as S(k m+i - Ak) (see Figure 13.14b). This means that instead of obtaining 
S(k m + 2Ak) as the second positive harmonic adjacent to line k m , we can 
obtain it as the first negative harmonic adjacent to line k m+ \. The weighting 
factors to obtain S(£ m+ i - Ak) from S(k m ) will, in general, be different from 
those to obtain S(k m+ i - Ak) from S(k m+i ), but because a lower harmonic is 
being synthesized the synthesis may be more accurate. 

Another generalization is the use of block reconstruction. Instead of syn- 
thesizing each missing harmonic k m + pAk from a single measure k-space 
line k m , as shown in Eq. (13.69), multiple measured lines are used. This 
is illustrated in Figure 13.22 where the six missing lines in each block of 
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FIGURE 13.22 k-space for SMASH block reconstruction with R = 4. Each block 
consists of eight k-space lines, two measured (solid) and six unmeasured lines (dashed). 
The six unmeasured lines in each block are synthesized from the two measured ones. 



eight lines are synthesized from the two measured lines in the block. This 
generalization improves fitting accuracy, particularly for coil geometries for 
which complex exponentials are difficult to approximate by a linear combina- 
tion of coil sensitivities. The block size can be chosen to trade reconstruction 
speed for image quality. Larger blocks give better image quality, but slower 
reconstruction. 

The numerical procedure for determining a^ p is based on solving 
Eq. (13.66). To make the process clearer, we express the equation in matrix 
form. The matrix form is consistent with the use of discrete rather than 
continuous values of the variable v. Let: 



fy.p-- 



i2n{pAk)y 



(13.70) 



where the values of y now correspond to discrete locations in the image and y 
can therefore be symbolically indicated by a subscript. Similarly we can write: 

c yJ = Cj(y) (13.71) 

Equation (13.66) now becomes: 

/Vc-l 

Yl c yJ a J<p = fy-p (13.72) 
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which is a matrix equation of the form: 

ca = f (13.73) 

where c, a, and / are matrices with dimensions yv v x N c , N c x R and N y x R, 
respectively. The solution is: 

a = c~ l f (13.74) 

Because c is not a square matrix in general, c~ ' must be found either using the 
pseudoinverse such as (c^c)~ l c f or using SVD. Because the pseudoinverse 
is the minimum-norm solution (Golub and Van Loan 1989) to Eq. (13.74), 
the resulting solution for aj tP satisfies Eq. (13.66) in the least-squares sense. 
Regularization can be helpful in reducing noise sensitivity of the fit. 

SMASH scans have lower SNR than conventional scans (Sodickson et al. 
1999; Madore and Pelc 2001). The SNR is dependent on the approximations 
used in the reconstruction algorithm (McKenzie, Yeh, et al. 2001; McKenzie, 
Ohliger, et al. 2001). Also, because of the approximations, the SNR depend- 
ency on the acceleration factor is more complicated than for SENSE. SMASH 
noise also varies spatially, but the variations are smooth rather than abrupt as 
with SENSE. 

Variations of SMASH In a method called generalized SMASH (Bydder 
et al. 2002), coil sensitivities are synthesized from Fourier harmonics instead of 
Fourier harmonics being synthesized from coil sensitivities. In AUTO-SMASH 
(Jakob et al. 1998), variable density (VD) AUTO-SMASH (Heidemann 
et al. 2001), and generalized autocalibrating partially parallel acquisition 
(GRAPPA) (Griswold et al. 2002), extra Nyquist-sampled k-space lines are 
acquired during the parallel-imaging scan and are used to calculate the weight- 
ing factors cij,p that determine the missing k-space data. More discussion of 
the latter three variations will be given next. 

13.3.3 Sensitivity Calibration 

General Considerations The image quality of all parallel imaging 
methods is determined by how well the coil sensitivities are characterized. 
Poor characterization results in uncorrected aliasing and low SNR. In gen- 
eral, it is better to measure the sensitivities from the imaged object rather than 
calculating them from the coil wire geometry using the Biot-Savart law or 
measuring them with a phantom. This is because the patient loading has an 
effect and also because coil placement is usually not predictable, especially 
with flexible coils. 
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There are two main calibration methods for measuring the sensitivity: 
direct and indirect measurement. In the direct method the sensitivity is explic- 
itly calculated, whereas in the indirect measurement this step is skipped and the 
weighting factors a- hP for constructing k-space lines are computed from extra 
measured k-space lines. The latter method is only used with AUTO-SMASH, 
VD-AUTO-SMASH, and GRAPPA. 

All practical calibration methods use low spatial resolution to save scan 
time. This generally works well because the sensitivities have rather slow 
spatial variation. When a separate calibration scan is used, the volume of 
image data acquired must encompass the entire region to be reconstructed with 
parallel imaging. Also when a separate calibration scan is used, the acquisition 
is usually a fast 2D or 3D gradient echo, and therefore has parameters that can 
differ from those of the parallel imaging scan. For example a low resolution 
3D gradient echo calibration scan might use only a 32 x 32 x 32 matrix over 
a 48 x 48 x 48 cm 3 volume. 



Sensitivity Normalization 

Unnormalized Sensitivity In the previous subsections, we have implied 
that the reconstructed images correspond to magnetization density without 
coil sensitivity weighting. In fact, all parallel-imaging techniques reconstruct 
images that have some type of coil sensitivity weighting. This is because a 
measurement of the pure coil sensitivity is not possible because all MR data 
are inherently weighted by the coil sensitivity. 

Suppose that we use unnormalized complex surface coil image data to 
estimate the sensitivity. Let the surface coil calibration image data be I*j al (y). 
Because of the reduced spatial resolution (and possibly different scan para- 
meters), 7 caI (j) is generally different than the diagnostic image Ij(y). We can 
define an effective calibration magnetization M cal (y) such that: 

lf(y) = Cj(y)M c %<) (13.75) 

Using Eq. (13.75), we can rewrite the SENSE equation, Eq. (13.51), as: 



Using the unnormalized surface coil image I c - aI (y) as the sensitivity there- 
fore results in a SENSE reconstruction of M(y)/M cal (}>). The M cal (y) 
weighting in the image can be eliminated by multiplying the unwrapped 
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magnitude image by a sum-of-squares calibration image given by: 



J2 \if(y)\ = |M cal (>')| 



N 



£ toOOl 2 



The resulting magnitude image is \M(y)\J^2 ;=o \Cj(y)\ 2 - The image is 

weighted by the sum-of-squares coil intensity J^/io \Cj(y)\ 2 and there- 
fore has the usual phased-array image shading. Therefore, if the intensity 
shading is acceptable or if a separate surface coil intensity correction is 
available (see Meyer et al. 1995, for example), the unnormalized calibra- 
tion images can be used as a surrogate for the sensitivities in SENSE. As 
described in Sodickson and McKenzie (2001), a similar argument also holds 
for SMASH reconstruction, which can be shown by substituting Eq. (13.75) 
into Eq. (13.64). 

Target Function Normalization The final image intensity weighting for 
either SENSE or SMASH can be manipulated by appropriately normalizing the 
surface coil sensitivity data. As discussed in Sodickson (2000), it is useful to 
define a target sensitivity function T(y). T(y) can be a body coil sensitivity, a 
single-surface coil sensitivity Cj(y), a surface coil sum-of-squares sensitivity 

V^/=o ICyCy)! 2 ' or a complex (phased) sum of surface coil sensitivities. 
The SENSE equation, Eq. (13.51) can be rewritten as: 



= r C,(y)M cal (v) l 
[ T(y)M™Hy) J 



W = [^f] [n.v)M(,)] = | V^:i,::" | my)M(y)] (13.78) 



Thus, dividing the surface coil calibration image C j (y) M c ™ (y) by the tar- 
get calibration image T(y)M Cdl (y) gives a reconstructed SENSE image 
T(y)M(y), in which the final image is weighted by the target sensitivity. For 
example, if T(y) is a body coil sensitivity, then dividing the surface coil calib- 
ration image by the body coil calibration image gives a SENSE image with the 
body coil sensitivity weighting, which results in a relatively uniform image. 
Another common choice is T(y) = JYl^ 1 \Cj(y)\ 2 - Target-function nor- 
malization has no effect on the SNR in SENSE images. The target function 
multiplies both the image signal and noise, resulting in no change in the SNR. 
A similar argument about target function normalization is also valid for 
SMASH. Equation (13.67) can be generalized to include a target function 
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by writing it as 

S(k ym + pAk) = f T(y)M(y) e i2lxk '" y e i27T(pAk)y dy (13.79) 

The SMASH fitting equation, Eq. (13.66) is modified to be: 

N c -\ 

J2 aj.pCjiy) = T(y)e i23T P &k >' (13.80) 



The synthesized k-space lines are obtained, as before, using linear combina- 
tions of the measured k-space lines: 

\ c -i 
S(k,„ + pAk) = J2 aj, p Sj(k m ) (13.81) 

j=o 

Using a target function also improves the numerical conditioning of the 
SMASH fit, allowing more accurate results and better image quality. In par- 
ticular, target-function normalization may produce fits with smaller \a j<p \, 
resulting in lower noise and better SNR in the SMASH images (Sodickson 
2000). 

Note that the target function can be defined by the weights ajo because 
by setting p = in Eq. (13.80) we obtain: 

/v c -i 

J2 aj.oCjiy) = T(y) (13.82) 

7=0 

If we choose the weights a ;0 to define the target function, then Eq. (13.82) 
holds exactly. However if we choose the target function rather than the uj_q 
(for example as a sum-of-squares of coil sensitivities), the coefficients a y- o are 
determined by fitting so that Eq. (13.82) holds in the least-squares sense. 

Some SMASH variations have used the former method where the o^n 
are chosen (rather than determined by fitting) so that the resulting T(y) is a 
complex sum of coil sensitivities, as shown in Eq. (13.82). When this is done, 
partial cancellation in this sum can result in considerable shading or signal 
loss in the final image. Although the weights a } ,o can be adjusted to minimize 
cancellation in a particular area, the shading can simply move to a different 
area of the image. This problem can be overcome by reconstructing N c separate 
images, each with a target function equal to one of the coil sensitivities — that 
is, T(y) = Cj{y) (coil-by-coil reconstruction). The resulting SMASH images 
are then combined either using the optimal phased array method (Eq. 13.60), 
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or using a sum-of-squares (McKenzie, Ohlinger, et al. 2001). The resulting 
images are free of shading from cancellation, although the reconstruction time 
increases by a factor of N c . 



Direct Sensitivity Measurement There are two general sensitivity meas- 
urement approaches currently used: acquiring a separate calibration scan and 
collecting extra data during the parallel-imaging scan itself to use for the calib- 
ration (self-calibration) (McKenzie et al. 2002). The latter method uses variable 
density sampling such that the lines near the center of k-space are sampled at 
the Nyquist frequency in order to reconstruct a low-resolution sensitivity map 
(Figure 13.23). 

The main advantage of self-calibration is that it avoids the problem 
of patient motion between the calibration and parallel-imaging scans. Such 
motion, particularly respiration (or variation of inhalation position for breath- 
held scans), causes uncorrected aliasing and poor SNR. A disadvantage is 
longer scan time because of the fully sampled calibration lines (although the 
scan time can be shorter than the combined parallel-imaging time and a sep- 
arate calibration scan). The overall acceleration factor can be recovered by 
increasing the acceleration factor in the outer part of k-space (outer reduc- 
tion factor). The self-calibration lines can also be used in the parallel-imaging 
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FIGURE 13.23 k-space for self-calibrated parallel imaging. The frequency- and 
phase-encoded directions are horizontal and vertical, respectively. The center four 
lines are sampled at the Nyquist frequency and are used to construct a low-resolution 
sensitivity map. Dashed lines are not acquired. The acceleration factor is R = 3 in the 
outer part of k-space. 
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reconstruction, thereby decreasing the amount of inherent aliasing that must 
be corrected and also giving higher SNR. 

Indirect Sensitivity Measurement In indirect sensitivity measurement 
method, one or more (extra) Nyquist-sampled lines are acquired near the cen- 
ter of k-space, similar to the self-calibration method described in McKenzie 
et al. (2002). The extra data are used to determine weighting factors a^ p for 
estimating the missing k-space lines, without explicitly computing coil sensit- 
ivity maps. The group of Nyquist-sampled lines are called the autocalibration 
signal (ACS) lines. 

AUTO-SMASH In AUTO-SMASH, R - 1 extra lines are acquired (bold 
lines in Figure 13.24). The weighting factors a JtP are obtained by fitting the 
measured data using Eq. (13.81). A target coil weighting T(y) is first created 
by choosing aj tQ (Eq. 13.82). The ACS lines are then combined over coils 
using the o^o to create composite ACS k-space lines that have the chosen 
target sensitivity: 



1- pAk) = ^ a jt0 Sf cs (k m + pAk) (13.83) 



ACS 



;s (k m +Ak) 
s {k m +2Ak) 
'■ s {k m +3Ak) 



FIGURE 13.24 (a) k-space for AUTO-SMASH with R = 4. Three extra k-space lines 
are acquired. The group of Nyquist sampled lines, or ACS lines, are used to determine 
weighting factors to synthesize the missing (dashed) lines. The frequency- and phase- 
encoded directions are horizontal and vertical, respectively. 
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Weighting factors o/ iP can now be determined that will give S ACS (k m + pAk) 
as linear combinations of Sf cs (k m ): 



S ACS (k m + pAk) = J2 aj, P Sf CS (k m ) (p = 1, 2, ...,/?- 1) 

;'=o 

(13.84) 

Equation (13.81) can be written in matrix form and inverted to obtain the factors 
<jj\ p . These same weighting factors can then be used to fill in missing k-space 
lines. As with conventional SMASH, instead of synthesizing missing lines as 
positive harmonics of k m we can also synthesize them as negative harmonics 

Of&m+l- 

In VD-AUTO-SMASH, additional sets of ACS lines are acquired to 
improve the fitting robustness and obtain more reliable a p j. The additional 
ACS lines are also included in the reconstruction, giving an improved SNR and 
reduced aliasing artifacts. Details of the fitting methods for AUTO-SMASH 
and VD-AUTO-SMASH are provided in Heidemann et al. (2001). 

GRAPPA GRAPPA is an improved version of AUTO-SMASH that uses 
two of the ideas previously discussed for better fitting accuracy and higher 
SNR. In the first enhancement, a coil-by-coil reconstruction is used in which 
N c images are reconstructed, each with a target sensitivity equal to one of 
the coil sensitivities T(y) — Cj(y). The images are then combined using the 
standard multicoil sum-of-squares algorithm. 

In the second enhancement, instead of synthesizing a missing k-space line 
from a single measured line, the synthesis uses a group of nearby measured 
lines. The group of measured lines is moved depending on which k-space line is 
being synthesized (sliding block reconstruction). In general, multiple choices 
of group size and location are possible for any given missing k-space line. For 
the example in Figure 13.25 with R = 2, if four measured lines are used to 
synthesize each missing line, the bold dashed line can be constructed using 
measured line groups (0, 1, 2, 3), (1, 2, 3, 4), (2, 3, 4, 5), and so forth. If one 
or more ACS lines are acquired, the weighting coefficients can be determined 
for each such combination using the AUTO-SMASH method. Because each 
group of measured lines, in general, gives a different estimate of a missing 
line, the estimates can be combined in a weighted average. The weighting can 
be chosen to emphasize combinations that produce a higher SNR and better 
fits (Griswald et al. 2002). 

Practical Considerations The optimal sensitivity calibration may be 
application-dependent. If patient motion due to respiration is a concern, for 
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FIGURE 13.25 k-space for GRAPPA reconstruction with R = 2 and one extra (ACS) 
line. If four lines are used to synthesize each missing (dashed) line, the bold dashed 
line can be synthesized using measured lines (0, 1, 2, 3), (1,2, 3, 4), and so on. The 
extra line (bold) allows the determination of the weighting factors. The frequency- and 
phase-encoded directions are horizontal and vertical, respectively. 



example, with axial liver scans, self-calibration may be preferable to minimize 
the inconsistency between the calibration and parallel-imaging data. However, 
if motion inconsistency is less of a concern and scan time is very import- 
ant, for example, with contrast-enhanced body MRA or real-time imaging, 
a separate calibration may be preferable. The same is true if relatively high 
acceleration factors are used (e.g., R > 4), because, as the acceleration factor 
increases, the self-calibration data becomes a greater percentage of the total 
scan time. GRAPPA and AUTO-SMASH are inherently restricted to using 
autocalibration. In this case, a trade-off between the number of ACS lines and 
scan time is made. Using more ACS lines generally results in better image 
quality at the cost of scan time. The optimal sensitivity normalization method 
may also be application-dependent. Using a body coil normalization gives a 
more homogeneous image, but requires extra calibration scanning. The extra 
scanning may be acceptable if an external calibration scan is used or if the 
image homogeneity would be unacceptable otherwise. 



13.3.4 Other Parallel-Imaging Methods 

Here we introduce methods that are either less widely used than SENSE 
and SMASH or in the early phase of development. 
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An algorithm called sensitivity profiles from an array of coils for encod- 
ing and reconstruction in parallel (SPACE RIP) formulates parallel-imaging 
MR reconstruction as a matrix inversion problem (Kyriakos et al. 2000). 
The algorithm requires inversions of very large matrices (e.g., inverting 256 
matrices that have dimension 256 x 256) and hence can have a long recon- 
struction time. Its advantage is flexibility — any k-space sampling pattern 
can be accommodated. 

An algorithm called parallel imaging with localized sensitivities (PILS) 
cuts away most of the aliased parts of the image for each coil and pastes together 
the remnants (Griswold et al. 2000). The cutting and pasting is done based on 
coil sensitivity weighting and coil separation distances. Sometimes also called 
the scissors method (Madore and Pelc 2001), the algorithm can work well 
if the coil sensitivities have little overlap. It is the computationally fastest 
method for reconstructing parallel-imaging data with nonrectilinear k-space 
trajectories such as spiral scans. 

Parallel-imaging reconstruction with optimal image quality for spiral scans 
and other nonrectilinear k-space data requires the inversion of matrices that are 
two orders of magnitude larger than those arising for rectilinear trajectories. 
Such large matrices generally require iterative inversion methods (Pruessmann 
et al. 2001) such as conjugate gradient (Press et al. 1992). These methods are 
still generally too slow to be useful on current commercial scanners, but may 
become practical as computing hardware improves. 

A method called unaliasing by Fourier encoding the overlaps using the 
temporal dimension (UNFOLD) (Madore et al. 1999) is a method for faster 
scanning, similar to parallel imaging. It is only applicable to a time series of 
images, for example, a functional imaging series, a dynamic imaging series, 
or a series of multiphase cardiac images. UNFOLD uses spatial aliasing to 
decrease scan time, similar to parallel imaging, but converts the spatial aliasing 
into temporal aliasing that is removed using a temporal filter. Unlike parallel 
imaging, UNFOLD does not require multiple coils. UNFOLD can also be 
combined with parallel imaging for even faster scanning or reduced artifacts 
(Madore 2002). 
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Related Sections 



13.4 Partial Fourier Reconstruction 

In partial Fourier acquisition, data are not collected symmetrically around 
the center of k-space. Instead, one-half of k-space is completely filled, while 
only a small amount of additional data in the other half is collected. Figure 1 3 . 26 




FIGURE 13.26 Two partial Fourier acquisition methods for 2D data sets. k x and k y 
represent the frequency- and phase-encoded directions, respectively, (a) Partial k x or 
partial echo, (b) Partial k y or partial NEX. 
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shows two examples of partially covered k- space along the frequency-encoded 
(Figure 13.26a) and phase-encoded (Figure 13.26b) directions. Partial Fourier 
acquisition in the frequency-encoded direction is also called partial echo, 
whereas partial Fourier acquisition in the phase-encoded direction is also called 
partial NEX because it is analogous to using less than one signal average. 
Partial Fourier acquisition is possible because, if the object is real, its Fourier 
transform is Hermitian (named for the French mathematician Charles Hermite, 
1822-1901), meaning that the real part is symmetric and the imaginary part is 
antisymmetric around the center of k- space (Bracewell 1 999). Mathematically, 
Hermitian 3D k-space data obeys: 

S(-k x , -k y , -k ; ) = S*(k x , k y , jfc.) (13.85) 

where * denotes complex conjugation. Thus, only one-half of k-space is needed 
to reconstruct a real object. Unwanted phase shifts, however, resulting from 
motion, resonance frequency offsets, hardware group delays, eddy currents, 
and receive B\ field inhomogeneity cause the reconstructed object to be com- 
plex, instead of being purely real. The additional data (sometimes called 
overscan data) collected in the incompletely filled half of k-space shown in 
Figure 13.26 are used to overcome this problem. 

The primary advantages of partial Fourier acquisition in the frequency- and 
phase-encoded directions are reduced echo time (TE) and reduced scan time, 
respectively. Partial Fourier acquisition in the frequency-encoded direction 
also reduces gradient moments along that axis, which can reduce flow and 
motion artifacts. The spatial resolution, which is determined by the maximal 
extent in k-space, is not compromised and is equivalent to the corresponding 
full k-space acquisition case, although the SNR is reduced and some image 
artifacts can be introduced. More discussion of partial Fourier acquisition can 
be found in Sections 8.1 and 8.2. 

In principle, partial Fourier acquisition can also be used in the slice- 
encoded direction (i.e., the secondary phase-encoding direction) for 3D scans, 
but this is not as commonly done. The relatively small number of slice phase- 
encoding steps (compared to the typical number of in-plane phase-encoding 
steps) combined with the need to acquire overscan data makes partial Fourier 
acquisition along the slice direction relatively less beneficial for saving scan 
time than for the in-plane phase-encoded direction. 

Partial Fourier k-space acquisition can be characterized by a parameter 
known as the partial Fourier fraction, which is defined as the ratio between 
the partially acquired k-space data size and the full k-space data size with the 
same maximal extent in k-space (spatial resolution). According to this defin- 
ition, we call the acquisition of exactly one-half of k-space a partial Fourier 
fraction of 0.5. This special case is sometimes called half-Fourier acquisition. 
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As overscan data are added, the partial Fourier fraction increases. Full k-space 
acquisition gives a partial Fourier fraction of 1 .0. With this definition, most 
partial Fourier acquisitions use a fraction between 0.55 and 0.75. 

Example 13.1 A partial Fourier acquisition in the phase-encoded direction 
uses a partial Fourier fraction of 0.625. The acquisition has spatial resolution 
equivalent to a full Fourier acquisition with a matrix size of 256. How many 
phase-encoding lines are acquired, and how many of these are overscan lines? 

Answer The number of acquired phase-encoding lines is 

0.625 x 256 = 160 

The number of overscan lines is therefore 

(0.625 - 0.5) x 256 = 32 

A number of different partial Fourier reconstruction algorithms have been 
developed. In this section we focus on three of the most commonly used 
algorithms: zero filling (also known as zero padding), homodyne processing, 
and iterative homodyne processing. These algorithms provide a good balance 
between computational simplicity and image quality. A comparison of several 
simple methods can be found in McGibney et al. (1993). More complicated 
algorithms give incremental image-quality improvement, but at a fairly high 
computational cost. A detailed evaluation of some of these methods can be 
found in Liang et al. (1992). 

13.4.1 Zero Filling 

Zero filling is implemented by substituting zeros for unmeasured k-space 
data, followed by conventional reconstruction (see Section 13.1). For full 
k-space acquisitions, zero filling of raw data is commonly used to interpolate 
the image and reduce partial volume artifacts. For partial Fourier acquisitions, 
zero filling can be used to replace unmeasured data. (Additional zeros can 
be padded if image interpolation is desired with the partial Fourier acquis- 
ition.) After zero filling, the standard FT-based full k-space reconstruction 
can be used. This usually results in some amount of Gibbs ringing near sharp 
edges due to the truncation of the k-space data. The advantage of zero filling 
is that it gives a relatively faithful representation of the object over the low- 
spatial-frequency overscan range. In contrast to homodyne processing, phase 
information is preserved for this low-spatial-frequency range. The phase of 
most large structures is therefore accurate and allows zero filling to be used for 
phase-sensitive reconstruction. Reasonable phase accuracy usually requires 
acquiring a relatively high fraction of k-space, for example 0.75 or greater. 
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13.4.2 Homod yne Processing 

Homodyne (from the Greek for "self-power") processing uses a low- 
spatial-frequency phase map generated from the data itself to correct for 
phase errors produced by the reconstruction of incomplete k-space data (Noll 
et al. 1991). Homodyne processing exploits the Hermitian conjugate sym- 
metry of k-space data that would result if the reconstructed object were real. 
To simplify the discussion, we consider here a one-dimensional case. Let the 
k-space data be S(k), where k is normally measured from — £ max to fc max with 
full Fourier acquisition. In the partial Fourier acquisition, k-space data are 
acquired only from — ko to /c max where the parameter ko is positive and rep- 
resents the overscan k-space cutoff. The k-space data can be thought of as 
symmetrically sampled around k = over the low frequency range (—ko, &o) 
and asymmetrically sampled over the high-frequency range (ko, & max ). We 
discuss the algorithm in two steps: Hermitian conjugate replacement of miss- 
ing data and compensation for the imaginary component of the reconstructed 
object. 



Hermitian Conjugate Replacement We begin by assuming an ideal 
case — for symmetrically sampled k-space data the reconstructed image is real 
and is given by: 



Data in the range (— & max , —ko) then can be replaced by the complex conjugate 
of the data in the range (ko, k max ), resulting in: 



/' 



(-k)e l2nkx dk + / S(k)e Unkx dk 



In the first term in Eq. (13.87), we change variables by setting k' — —k. The 
result is: 



S(k')e' 



S(k)e i2nkx dk 



The second term in Eq. (13.88) can be split into two terms by breaking the 
range of integration into (-ko, ko) and (ko, k max ). Combining the second of 
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these two terms with the first term in Eq. (13.88) gives: 



*0 *max 

I(x)= I S{k)e i2nkx dk + 2Re I S(k)e i27lkx dk 



(13.89) 



where we have used the fact that the sum of any complex variable and its 
complex conjugate is twice its real part, that is, z + z* = 2Re[z]. The second 
term in Eq. ( 1 3.89) is real by definition, and, because we are assuming that / (x) 
is real, the first term must also be real. Therefore, we can write Eq. (13.89) as: 



( S(k)e i2lTkx dk + 2 ( S{k)e i2ltkx dk 



Eq. (13.90) can be further simplified by defining a function H{k) (Figure 
13.27a) given by: 

it < ~k 
H(k) = ■ 1 -jfc < k < k (13.91) 

2 jfc> jfc 



to give: 
where: 



nx) = Re[I H (x)] (13.92) 

I H (x)= j H{k)S{k)e i2nkx dk (13.93) 

The function H(k) is sometimes called the homodyne high-pass filter. 



(a) 2 



(b) 2-f- 




FlGURE 13.27 Homodyne high-pass filter, (a) Conceptual v 
version with smooth transitions. 
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Equations (13.92) and (13.93) imply that instead of using Hermitian 
conjugate symmetry, partial Fourier data can be reconstructed by using the 
homodyne high-pass filter, which zero-fills missing data and doubles the 
weighting of asymmetrically sampled data. The operation of taking the real 
part is required because doubling the asymmetrically sampled high frequencies 
generates an unwanted imaginary component. In practice, the abrupt trans- 
itions in H(k) in Eq. (13.91) cause ringing. Therefore a function with smooth 
transitions is usually used for //(&), as indicated in Figure 13.27b. The trans- 
ition smoothing could be obtained by substituting an appropriate window, for 
example, a cosine taper window (see Section 13.1), to the sharp transitions of 
the function in Figure 13.27a: 

k<-k - w/2 
2 {n(\k\-(k -w/2))\ 

cos z -ko-w/2<k < -ko + w/2 

\ 2w J 

1 -k + w/2<k<k - w/2 

k - w/2 < k < k + w/2 
k>k + w/2 



2 / it(\k\-(k + w/2)) \ 
* I 2w > 



(13.94) 



where we assume w/2 < ko . 



Correction for the Imaginary Component Because in practice I(x) is 
not purely real, the operation of taking the real part in Eq. (13.92) discards 
some of the desired signal. This problem can be avoided by phase correc- 
tion, that is, by unwinding the phase of I(x) so that it resides entirely in the 
real component of the image prior to the operation of taking the real part in 
Eq. (13.92). In homodyne processing, the phase correction is derived from 
the symmetrically sampled k-space data. A low-frequency image //,(*) is 
reconstructed from: 

l L {x)= f S(k)e i2nkx dk= f L{k)S{k)e i2nkx dk (13.95) 

where: 

LW =fu Tl (13 ' 96) 

[0 |*| > k 

is a low-pass filter, shown in Figure 13.28a. In practice a function 
with smooth transitions is used for Lik), as indicated in Figure 13.28b. 
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(b) 2f 




FIGURE 13.28 Homodyne low-pass filter, (a) Conceptual version, (b) Apodized 
version with smooth transitions. 



For example: 



(n(\k\-(k Q -w/2))\ 



|*| < * - w/2 

* - w/2 < |*! < *o + w/2 

|*[ > * + w/2 

(13.97) 



We make the approximation that the phase of Il(x), denoted by <j> L (x), is 
a good approximation to the phase of I(x). Then the phase-corrected image 
I H (x)e~ i<t ' L{x) has I(x) registered to the real part of the image, allowing the 
removal of the undesired imaginary component that results from the homo- 
dyne high-pass filter (Figure 13.29). The entire homodyne reconstruction can 
therefore be compactly expressed by: 



I(x) « Re[lH(x)e- i * LM ] 



(13.98) 



To avoid phase wrapping from using an arctangent function, it is preferable to 
avoid calculating 4> L (x) explicitly. Instead, it is better to evaluate Eq. (13.98) 



I H (x)e 



'- 1h(x) 



I* L (x) 



(13.99) 



\Il(x)\ 

Note that from Eq. (13.98) the image phase is lost with homodyne recon- 
struction. This means that homodyne is unsuitable for applications that require 
the image phase such as shimming, phase contrast (reconstructed with phase 
difference), and phase-sensitive thermal imaging. Complex-difference phase 
contrast (Section 15.2), however, can use homodyne processing if the complex 
difference operation is performed in the k-space domain. 
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FIGURE 13.29 Complex image value at one pixel (a) before phase correction and 
(b) after phase correction. I(x) has phase cj>(x), which we approximate as 4>l(x), 
the phase of the low-pass-filtered image. The phase correction removes </>l(.x), 
thereby approximately registering 1 (x) into the real part of the phase-corrected 
image In(x)e~"t' L '- x \ This allows the discarding of the imaginary image component 
introduced by the homodyne high-pass filter. 

The approximation that the phase of the image can be represented by the 
low-frequency estimate <p L (x) means that homodyne reconstruction performs 
relatively poorly in regions of rapidly varying phase caused, for example, by 
susceptibility changes. Iterative methods (discussed later) provide somewhat 
improved performance. 



Extension to 2D and 3D k-Space Hermitian conjugate symmetry can only 
be applied to a single axis in k-space. Consider the 2D version of Eq. (13.85): 



S(-k x ,-ky) = S*(k x ,k y ) 



(13.100) 



Suppose that partial Fourier acquisition were used in both the k x and k y direc- 
tions with a partial Fourier fraction of 0.5, thus acquiring only one of the four 
quadrants of 2D k-space. Using Eq. (13.100) will fill in only the diagonally 
opposed quadrant, leaving two other quadrants empty. Therefore, if partial 
Fourier acquisition is used in two orthogonal directions (assuming the partial 
acquisition fraction is larger than 0.5), one direction can be processed with 
homodyne reconstruction but the second direction must use zero filling. 

Conversely, if partial Fourier acquisition is used in only one direction, 
the other k-space directions must be processed first with the normal (i.e. full 
k-space) algorithm. As an example, consider the 2D case again in which full 
Fourier acquisition is used in the k x direction and partial Fourier acquisition is 
used in the k y direction (Figure 13.26b). Taking the ID Fourier transform with 
respect to the fully sampled k x direction results in the partially transformed 
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data S p (x,k v ) given by: 



S p (x, k y ) = f S{k x ,k y )e i2lTk < x dk x 



where S p (x, k y ) is sometimes called the signal in hybrid space. The Hermitian 
conjugate of S p (x, k y ) with respect to k Y is given by: 

S*(x, -k y ) = J S*(k x , -ky)e- i2nkxX dk x (13.102) 

Using the Hermitian conjugate relationship S*(k x , -k y ) = S(—k x , k Y ) yields: 

S*(x, -k y ) = f S(-k x , k y )e- i2 * k * x dk x (13.103) 

Finally, making the variable substitution k' x = -k x gives: 

S*(x,-ky) = S p {x,k y ) (13.104) 

Because the partially transformed data in Eq. (13.104) obeys the same 
Hermitian conjugate relationship as ID k-space data, the 2D data is first 
processed normally in the full Fourier (i.e., k x ) direction, followed by par- 
tial Fourier processing in the k x direction. The extension to three dimensions 
is straightforward. Figure 13.30 shows the reconstruction steps modified to 
include homodyne processing. Note that if multiple coils are used, the input to 
the sum-of-squares algorithm is the real part of the homodyne reconstruction 
of the data from each coil. 

13.4.3 Iterative Homodyne Processing 

A drawback of the homodyne method is that the low-frequency phase map 
used in Eq. (13.99) cannot accurately depict rapidly varying phase. To address 
this problem, iterative partial Fourier methods have been developed, including 
a method proposed by Cuppen (1989). The method uses homodyne recon- 
struction to estimate a magnitude image while the phase is estimated from 
the low-frequency phase map. Combining the estimated magnitude and phase 
images gives a complex image that can be Fourier transformed to obtain estim- 
ated k-space data. The original measured k-space data in the range (— &o> ^max) 
are combined with the newly estimated k-space data in the range (—k max , —ko) 
and a new complex image /' is calculated. A new magnitude image is formed 
by applying the low-frequency phase correction to /' and taking the real com- 
ponent, as in noniterative homodyne reconstruction. This magnitude image is 
input to the next iteration. (See the flowchart in Figure 13.32 later in the chapter) 
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FIGURE 13.30 Flowchart for partial Fourier reconstruction with homodyne pro- 
cessing. The box for homodyne processing is expanded to show the steps involved. 




Figure 13.31 Plot of 2 
homodyne reconstruction. 



merging function given by Eq. (13.107) for 



For the mathematical description, we again consider a ID case. Let the 
original k-space data measured in the range (— ko, k max ) be S(k). Let Ij(x) 
be the real image estimated at step j . (Note that with homodyne reconstruction, 
the real and magnitude images resulting from each step are the same because 
the imaginary component is discarded.) For the first iteration, Iq(x) is given 
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FIGURE 1 3.32 Flowchart for an iterative homodyne reconstruction. If iterative recon- 
struction is used, this flowchart replaces the contents of the partial Fourier homodyne 
processing box in Figure 13.30. The upper dashed box is the normal (noniterative) 
homodyne algorithm, and the lower dashed box represents the iterative process. 



by Eq. (13.98). Let Sj(k) be the complex k-space data estimated at step j. 
Iteration starts by computing So(k). At each step: 

Sj(k) = FT[Ij(x)e i '" Llx) ] (13.105) 

The function Sj(k) is an estimate of the k-space values for all values of k. 
However, in the range (—ko, k max ), the measured values S(k) are assumed to 
be more accurate. Therefore, a combination of S(k) in the range (—ko, k max ) 
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and Sj(k) in the range (-£ max , -ko) should yield a better-estimated image 
(with more accurate high frequencies) for the next iteration step. Simply con- 
catenating the two data sets, however, will most likely create a discontinuity at 
k = — &o- Therefore, it is better to smoothly blend the two data sets to obtain 
the estimated k-space data for the next iteration: 

S j+ i(k) = W(k)S(k) + [1 - W(k)]Sj(k) (13.106) 

where W(k) is a merging function, such as: 

k<-k -w m /2 

2 f n(\k\-(ko-w m /2)) \ 
cos^ -ko - w m /2 < k < -ko 

V 2Wm ) W2 

1 k > -k + w m /2 

(13.107) 

where w m is the merging width (Figure 13.31). The image for the next iteration 
Ij+\(x) is given by: 

Ij+i(x) = Re le-^ Lix) VT- l [S j+ i(k)}^ (13.108) 

Many choices for stopping criteria are possible. The algorithm can continue 
either for a fixed number of iterations or until a measure of the difference 
between successive images becomes sufficiently small. The measure could 
be the maximum of \Ij(x) — / y _i(x)| or a mean-squared error such as the 
average over x of | Ij (x ) - Ij ■- 1 (x ) | 2 . In practice, most of the additional image- 
quality improvement comes after only a single additional iteration, except in 
regions of very rapidly varying phase. Figure 13.32 shows the flow chart for 
iterative reconstruction. As with noniterative homodyne reconstruction, 4> L (x) 
for the phase correction in Eq. (13.108) is not explicitly computed. Instead, 
the phase correction is performed as indicated in Eq. (13.99). Extension to 2D 
and 3D data sets is similar to the noniterative homodyne algorithm — normal 
reconstruction is performed first in the fully sampled Fourier directions. 

A very similar iterative algorithm that uses zero filling instead of 
homodyne reconstruction is shown in Haacke et al. (1999). 
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13.5 Phase Difference Reconstruction 

MRI, unlike CT, is a phase-sensitive imaging modality. After the Four- 
ier reconstruction of the MR raw data, each pixel in the complex image has 
both a magnitude and a phase. The phase of the MR image is discarded when 
the standard magnitude reconstruction is performed. There can be, however, 
very useful information encoded into the phase. For example, the phase map 
can yield information about Bo homogeneity, which is used for shimming, or 
about fluid flow, as described in Section 15.2 on phase contrast angiography. 
Emerging applications such as MR temperature mapping (Ishihara et al. 
1995) and MR elastography (Muthupillai et al. 1995) also use the phase 
information. 

In day-to-day MR acquisitions there are invariably unwanted contribu- 
tions to the image phase, which can arise from system imperfections such 
as gradient eddy currents (Section 10.3) or from unavoidable physical effects 
such as chemical shift, magnetic susceptibility variations, and the concomit- 
ant (i.e., Maxwell) field (Section 10.1). These unwanted contributions make a 
phase map more difficult to interpret because the desired information is often 
overwhelmed by the unwanted phase. Acquiring two independent data sets 
and then forming a phase difference map can address this problem. As the 
name implies, the phase difference map is obtained by displaying the dif- 
ference between a pair of phase images on a pixel-by-pixel basis (Moran 
et al. 1985). The goal is to accentuate the desired phase while canceling 
the unwanted phase. For example, to produce a Bo map for shimming, two 
gradient-echo data sets are acquired with identical parameters, except that 
the TE is varied. The phases of the two complex images are subtracted to 
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FIGURE 13.33 Phase difference reconstruction. The phase images (a) and (b) are 
subtracted on pixel-by-pixel basis to yield the phase difference map (c). The phase dif- 
ference operation can cancel unwanted phase errors while accentuating useful phase 
information (e.g., about Bo or flow). Note how the outline of the phantom is more 
easily discernable on (c). In practice, the intermediate step of reconstructing the indi- 
vidual phase images (a) and (b) is generally not necessary, and an algorithm such as 
Eq. (13.113) is used instead. 

yield the phase difference map (Figure 13.33). Similarly, for phase-contrast 
angiography, the flow-encoding gradient (Section 9.2) is modified between the 
two acquisitions and a phase difference map is reconstructed, as described in 
Section 15.2. 



13.5.1 Quantitative Description 

The heart of any phase difference reconstruction is the per-pixel arctan- 
gent operation that yields the phase map. The tangent function is periodic 
and has discontinuities at (n + l/2);r, (n = 0, ±1, ±2, ...), so the out- 
put of arctangent function is defined over a limited range, for example, 
— 7r/2 < arctan(x) < n/2. (The range of the phase is increased to [— n, tt] 
when a four-quadrant arctangent function is used, as described later in this 
section.) In any case, the values of the phase outside the primary range are 
represented by a value in the primary range, or alias. Aliasing in the phase 
map is accompanied by discontinuities called phase wraps, which are abrupt 
transitions, for example, between n and — n when the four-quadrant arctan- 
gent is used. For computational efficiency, and to minimize the number of 
phase wraps, an optimal phase difference reconstruction should employ only 
a single arctangent operation per pixel. Also, because of the discontinuities, it 
is desirable to perform operations such as the phased-array multiple coil com- 
bination and the concomitant-field phase correction prior to calculating that 
arctangent. The steps involved in a phase difference reconstruction, described 
next, are summarized in Figure 13.34. 
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FIGURE 13.34 Flowchart for phase difference reconstruction steps. 



Arctangent Operation Suppose two k-space raw data sets are acquired, 
and we want to form a phase difference map from them. The data sets are 
first sign alternated and zero- filled, as described in Section 13.1, and then 
separately Fourier transformed to yield two independent complex images. We 
consider a particular pixel and denote its complex value in the first image by: 



Z\ =x\ +iy\ = p\e vl 
and in the second image by: 

Z 2 =x 2 + iyi = pie 1 ^ 2 
The phase difference for this pixel can be calculated by: 



A</> = 



(y\\ 



I yi\ 



(13.109) 



(13.111) 



but Eq. (13.111) uses two arctangent operations per pixel, which is computa- 
tionally costly and can introduce extra phase wraps. Instead, it is preferable to 
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form a complex ratio and then extract the phase: 



Because the complex conjugate and the inverse of the complex number Z2 both 
have the same phase (i.e., — #2), Eq. (13.1 12) can be recast into a somewhat 
simpler form: 



Atf> = Z(ZiZ 2 *) = arg(ZiZ 2 *) = 



/ im (Z,Z 2 *) \ 
\ v Re(Z 1 Z|)/ 



Substituting Eqs. (13.109) and (13.1 10) into Eq. (13.1 13) yields an expression 
for the phase difference in terms of the real and imaginary components of the 
two complex values (O'Donnell 1985): 



\x\X2 + y\yi/ 

Whenever Eq. (13.1 13) or (13.1 14) is evaluated on a digital computer or 
array processor, it is useful to use the four-quadrant arctangent function, which 
is generically known as ATAN2 in several programming languages, including 
C (Kernighan and Ritchie 1998). The four-quadrant arctangent function takes 
two input arguments: the numerator and the denominator of the arctangent 
function. For example, Eq. (13.1 13) can be rewritten as: 

A<p = arctan ( ' 2 J ) = ATAN2 [im (Z\Z* 2 ) , Re (ZiZ|)] (13.115) 

\Re(ZiZ 2 )/ 

The four-quadrant arctangent function tests the signs of its two individual 
arguments before forming their ratio. For example, if the numerator and 
denominator are both positive, then ATAN2 returns a value in first quadrant, 
but, if they are both negative, then it returns a value in third quadrant. In this 
way, the dynamic range is extended from (—n/2, jt/2) to [—it, n], that is, 
to all four quadrants in the complex plane. Any phase difference value that 
lies outside the range [— n, tt] will be aliased back into the primary range by 
adding or subtracting multiples of 2jt . For example, if the true phase difference 
value is 3.5ic, then — 0.57T = 3.5;r - 4-n will be displayed. (Aliasing in phase- 
contrast angiography is discussed in more detail in Section 15.2.) Note that use 
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Output of ATAN2 




FIGURE 13.35 A plot of the output of the four-quadrant arctangent function versus 
the true phase difference, (a) When the true phase difference is in [-n, jt], the two 
are equal. When the true phase difference lies outside [-it, jz], the two differ by an 
integer multiple of lit. This is phase aliasing, and the sharp transitions are phase 
wraps. Phase aliasing can be unwrapped by adding or subtracting the proper multiple 
of 2n (hollow arrows), so the output of the arctangent function and the true phase 
difference are equal over a longer stretch (dashed line), (b) A pitfall of interpolat- 
ing phase images. If the phase image is interpolated (e.g., for image warping or for 
minification for rectangular field of view), overshoot (arrow) can occur at the aliasing 
boundary. Then the interpolated phase image can never be properly unwrapped. Instead, 
it is. preferable to interpolate the real and imaginary images prior to the arctangent 
operation. 

of the ATAN2 function compared to the conventional arctangent function can 
reduce the occurrence of phase wraps simply because of its increased range. 

The process of restoring the phase difference values in the range [— n, tt] 
back to their true values is called phase unwrapping and is illustrated in Fig- 
ure 1 3.35a. A detailed description of the postprocessing step of phase unwrap- 
ping is beyond the scope of this section, but several effective algorithms have 
been described for medical images (e.g., see Liang 1996 and Section 17.3). 

Another advantage of the ATAN2 function is that instead of reporting a 
divide-by-zero error when the second argument is zero, it returns the correct 
value of ±7r/2, depending on the sign of the first argument. (It is always 
advisable to check the specific documentation for the ATAN2 function that is 
being used because some details can vary among implementations.) 



Phased-Array Multiple Coil Data Many acquisitions use multiple coils 
arranged in a phased array. The optimal acquisition and processing of these 
data requires multiple receivers, which produce multiple channels of MR data. 
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An algorithm to reconstruct a phase difference map from this multichannel 
data is described here. 

Adopting the notation of Section 13.1, we denote the receiver channels 
by the index j and define ct 2 to be the measured noise variance for the jth 
channel, as explained in Section 13.1. Then the phase difference map can be 
calculated (Bernstein et al. 1994) from the expression: 

(13.116) 

Note that any spatially dependent phase contribution from an individual coil 
receive B\ field is cancelled in Eq. (13.116) when the phase difference is 
formed. 

Performing the multiple-coil combination prior to the arctangent opera- 
tion, as in Eq. (13.1 16), has an advantage that is illustrated in the following 
example. Suppose the true phase difference A<f> is near the aliasing boundary of 
ix (or 180°) and there are two receiver channels. Suppose further that because 
of noise, the individual phase differences that would be extracted from the two 
receivers straddle the aliasing boundary: 

Ad>i = it - s 

(13.117) 
A(f>2 = —n + e 

where £ <§; 1 . Simply averaging the phases gives the incorrect result, because 
the sum: 

A</> = A0i + Afo = n -£ + (-n + s) = (13.118) 

If, however the multiple-receiver combination is made before the arctangent 
operation according to Eq. (13.116), a better estimate to the correct value 
of Acp = n is obtained. From Eq. (13.116), the phase difference for this 
two-receiver case can be written: 

^ = ^iT PljP2 f 2 lA " J ) (B.119) 

Assuming that the noise variances and image magnitudes have only weak 
dependence on the index j, it is a good approximation to remove the ps and 
crs from the sum, and substituting Eq. (13.117) intoEq. (13.119) yields: 

A<£ % l(e i(7T - e) + e i{ - n+s) ) = l{e in (e- i£ + <?- 27n V £ )) 

= Z(f'' 7r 2cosf) = 7r (13.120) 
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(Depending on the implementation of the ATAN2 function, the value —tt 
may be obtained instead. The two are equivalent because +n and — n differ 
by 2n.) Since Eq. (13.120) is the correct result, this example illustrates the 
general rule that as many of the other operations as possible should precede the 
arctangent operation in a phase difference reconstruction. Another example of 
an operation in which this rule applies is described next. 

Correction of Predictable Phase Errors and the Concomitant Field Even 
after forming the phase difference image, unwanted phase errors often remain. 
A common example is the phase contamination due to gradient eddy currents 
(Section 10.3) that can plague phase-contrast angiography. Because eddy cur- 
rents are dependent on the design and calibration of the MR hardware, it is 
usually difficult to predict the exact spatial dependence of the phase error that 
is produced. Therefore, this type of phase error is often corrected by empirical 
fitting on the final phase difference image. For example, the constant and linear 
phases could be determined with a polynomial fit (Bernstein et al. 1998) of 
the phase difference image in a region that should have zero phase difference, 
such as stationary tissue in a phase-contrast angiogram. Because presumably 
the fitted phase is due entirely to system imperfections such as eddy currents, 
it is then removed with postprocessing. 

Other phase errors, however, such as those produced by the concomitant 
(i.e., Maxwell) field, can be predicted with great accuracy because they are 
fundamental physics effects (Section 10.1). In that case, it is advantageous to 
correct for these phase errors before calculating the arctangent. This procedure 
avoids phase wraps in the phase difference map, thereby reducing the need for 
later phase unwrapping. Also, because the concomitant field has nonlinear 
spatial dependence, removing its phase error at this stage makes it easier to fit 
the eddy-current phase errors later. If the calculated concomitant phase error at 
the pixel of interest is cp t , then the phase-corrected version of Eq. (13.113) is: 

A0 corr = Z(ZiZ|e-''^) = ATAN2 Tim (ziZ|e~'M , Re (ZiZ|e~ /0e )j 

(13.121) 

Because the phase error from the concomitant field is independent of the 
receiver channel number, the phase correction for the multiple coil case 
becomes: 



The details of this phase correction method can be found in Bernstein et al. 
(1998). 
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Image Warping The image warping operation described in Section 13.1 
that corrects for gradient nonlinearity can also be applied to phase difference 
images. As with the multiple-coil combination, it is preferable to apply the 
image warping prior to the arctangent operation. This is because image warping 
is a conformal mapping that uses an interpolation method such as cubic splines. 
If the image warping is applied after the arctangent operation, a phase wrap 
may be encountered and its sharp discontinuity can cause unwanted ringing in 
the image. Moreover, a phase difference image processed in this way cannot 
be properly unwrapped at a later time because the sharp transition between 
-n and n has been distorted (Figure 13.35b). 

Suppose the warping operation on an image / is denoted by the function 
W(I). Then one strategy is to apply the warping operation separately to the 
real and imaginary components of the image. Thus Eq. (13.1 15) is modified: 

(w(\m(ZiZ*))\ 
A</>warped = arctan ; ; j^- 

= ATAN2 [W (Im [Z\ Z|)) , W (Re (ZiZ|))] (13.123) 

where W should be understood to act on the entire image, rather than a single 
pixel. Other variations on Eq. ( 1 3 . 1 23) have also been proposed (Bernstein and 
Frigo 1995). Another advantage of applying the image warp separately to the 
real and imaginary images before the arctangent operation, as in Eq. (13.123), 
is that any change in image intensity caused by the warping algorithm will not 
affect the phase difference map. 

As mentioned in Section 13.1, including the minification step in the image 
warp is a convenient way to reconstruct rectangular FOV images. This is true 
for rectangular FOV phase difference images as well. 



Image Scaling The output of the ATAN2 function is a real, floating point 
(or double-precision floating point) number in the range from — jt to jr. Often 
it is desirable to scale this output to a more convenient range by multiplying 
it by some constant. For example, in phase-contrast angiography, the output 
can be scaled so that the pixel values represent velocity in convenient units 
such as millimeters per second. Similarly for a fi map, we might want the 
pixel intensity to represent frequency offset Sf in hertz, tenths of hertz, or a 
convenient fraction of parts per million. 

Example 13.2 Suppose a Bo map is obtained by forming the phase difference 
from two gradient-echo images with values of TE equal to 10 ms and 25 ms. 
How should the result of the phase difference map be scaled so that each 
intensity count represents a frequency offset of 0. 1 Hz? 
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Answer To convert from radians to tenths of hertz, the phase difference map 
must be scaled according to: 

10 Ad> \0A<b 

In ATE 27t(0.015s) 

So, a constant multiplier of 106. 10 is applied to the output of the four-quadrant 
arctangent function. 



'[£]■ 



Noise Masking Sometimes after the phase difference reconstruction, 
a noise mask is applied. With the standard magnitude images, regions of no 
signal (e.g., air) appear dark in the image because the intensity is confined to 
the lowest values of the dynamic range. In phase difference images, however, 
the noise background covers the entire dynamic range of image intensities. 
Consequently, the noise in air has a characteristic salt-and-pepper pattern. If 
this background is distracting or makes the window-level operation difficult, 
the noise from air can be suppressed by any of several masking techniques. 

The common noise-masking methods employ a magnitude image recon- 
structed from the same raw data as is used to reconstruct the phase difference 
map. Suppose M is the magnitude image corresponding to the phase difference 
map Ad>. For example, in the multiple-coil case, M could be calculated with 
(Bernstein et al. 1994). 



V^^ (13.125) 

Then the phase difference map can be masked using a threshold Mo: 

\A<t> M>M mi™ 

A0thresh=1 A ,, ,. (13.126) 

10 M < Mq 

The threshold value Mo can either be a predetermined constant or extracted 
from a histogram of the pixel values in M. 

An alternative noise-masking method is to multiply the phase difference 
image by the magnitude image on a pixel-by-pixel basis: 

A0 mu it = M Ad> (13.127) 

The threshold and multiplicative masking methods each has its own advan- 
tages and pitfalls. The threshold method does not alter the phase difference 
pixel values (unless they are zeroed), which is convenient for extracting 
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quantitative information. The threshold method has the drawback that over- 
aggressive masking can zero out pixel values that are of interest and setting 
a proper threshold value can require operator intervention. Conversely, the 
multiplicative masking method retains all the pixel values, but the mask must 
be divided out later if the true phase difference information is desired, for 
example, for quantitative flow analysis. Finally, we note that not using any 
masking method at all is a viable alternative because with practice it is not too 
difficult for the viewer to adapt to high dynamic range of the noise from air in 
unmasked phase difference maps. 
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13.6 View Sharing 

View sharing (Riederer et al. 1988; Foo et al. 1995; Markl and Hennig 
2001) is a reconstruction method that reuses some of the same k-space data 
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in order to reconstruct two or more different images. Thus, some k-space 
views are shared among multiple raw data sets. View sharing reduces the 
amount of time needed to acquire a complete set of k-space views. This can 
increase the frame rate of a real-time acquisition or the number of recon- 
structed phases for a cardiac examination. View sharing does not interpolate 
the k-space data but instead copies selected views intact from one memory 
location to another for reuse. For this reason, we call the additional images 
reconstructed with view sharing intermediate images rather than interpolated 
images. 

Examples of acquisition techniques that use view sharing during recon- 
struction include keyhole and related methods (Section 11.3), real-time 
imaging with partial k-space updating (Section 1 1 .4), and segmented k-space 
cardiac acquisition (i.e., FASTCARD) (Section 11.5). View sharing is also 
used to reconstruct intermediate images with cardiac triggered phase-contrast 
examinations (Foo et al. 1995; Markl and Hennig 2001). 

This section focuses on sliding window reconstruction for real-time imag- 
ing and multiphase cardiac exams with segmented k-space acquisition. In 
these two examples, image reconstruction with view sharing does not affect 
the image acquisition. However, in some other cases, such as keyhole 
(Section 1 1 .3), the acquisition is specifically designed under the assumption 
that the reconstruction will use view sharing. 

13.6.1 Sliding Window Reconstruction for 
Real-Time Imaging 

Sliding window reconstruction (Figure 13.36) is commonly used for real- 
time acquisitions, and is an example of view sharing. Suppose a series of views 
(1, 2, 3, . . . , N) are acquired repeatedly at the same slice location: 

View order = 1, 2, 3, . . . , N, 1, 2, 3, . . . , N, 1, 2, . . . (13.128) 

Unless the object changes, all the reconstructed images will be identical, except 
for their noise texture. So the purpose of this type of acquisition is to detect 
changes within the object, such as, motion. As described in Section 11.4, 
the views in Eq. (13.128) could be the standard phase- and frequency-encoded 
readouts of a Cartesian acquisition, interleaves of a spiral acquisition, or spokes 
in a radial projection acquisition. 

Suppose each view takes a time TR to acquire. After the first N views are 
acquired, there are enough raw data to completely fill k-space once and the 
first image can be reconstructed. We could wait a time N x TR until the second 
group of views is acquired and then use it to reconstruct an entirely new image. 
By using the sliding window reconstruction (Figure 13.36), however, we can 
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FIGURE 13.36 Sliding window reconstruction using view sharing. A slice location 
is repeatedly acquired with eight views, as in real-time imaging. Seven intermediate 
images (for a total of nine images) can be reconstructed with the sliding window 



reconstruct an updated image after waiting only one TR interval (assuming 
NEX = 1). For example, an image can be reconstructed by dropping the first 
view, and replacing it with the refreshed view number 1, i.e., (2, 3, ... , N, 1). 
The next updated image is reconstructed from views (3, . . . , N, 1 , 2), and so 
on. In this way a total of N - I intermediate images can be reconstructed 
between any two. 

Due to symmetry considerations, sliding window reconstruction can 
behave somewhat differently for interleaved multishot spiral and radial pro- 
jection acquisitions compared to Cartesian acquisitions. For spiral and radial 
projection methods, all the views carry information from the center of k-space, 
so they are all on an equal footing. For Cartesian acquisitions, however, only 
selected views pass through the center of k-space. This means, for example, 
that if there is constant linear motion, the transition between some images 
reconstructed with view sharing can be more abrupt than for others. Suppose, 
for example, there are eight views for a k-space data set, and views 4 and 5 
represent the center of k-space. Then the images reconstructed from views 
(4, 5, 6, 7, 8, 1 , 2, 3) and (6, 7, 8, 1 , 2, 3, 4, 5) can appear quite different from 
one another for a Cartesian acquisition. Even though the second image is 
reconstructed only 2 x TR later, its center of k-space is acquired eight TR 
intervals after the previous one, again assuming NEX = 1 . 



570 CHAPTER 1 3 Common Image Reconstruction Techniques 

13.6.2 Segmented Cardiac Acquisitions and View Sharing 

Multiphase cardiac-triggered images can be acquired in several ways. One 
method, called segmented cardiac or FASTCARD acquisition, is described in 
Section 1 1.5. The main purpose of segmented acquisitions is to reduce the total 
scan time by reducing the number of ECG triggers required to complete the data 
acquisition. The method divides the R-R interval into phases corresponding 
to k-space segments and acquires multiple k-space lines at each cardiac phase 
(Figure 13.37). As described in Section 11.5, the number of k-space lines 
acquired during each segment is called the views per segment (vps). Although 
segmenting reduces the scan time by a factor equal to the vps, it also degrades 
the true temporal resolution by the same factor. The total number of ECG 
triggers that is required to complete the acquisition of a single slice is the 
number of views divided by the vps, assuming NEX = 1 . For example, if the 
acquisition in Figure 13.37 has a total of 100 views, then 25 heartbeats would 
be required because vps = 4. An image at each cardiac phase is reconstructed 
by pooling the data collected in all 25 heartbeats. 

View sharing is commonly used to reconstruct segmented cardiac- 
triggered acquisition. By applying a sliding window reconstruction, up to 
(vps — 1) intermediate phases can be reconstructed (Figure 13.37) between 
any two. For example, phase 1.25 is reconstructed from views (2, 3, 4, 1) in 
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FIGURE 13.37 Segmented k-space multiphase cardiac acquisition with vps = 4 and 
four original phases for a single slice location. View sharing is used to reconstruct 
additional intermediate cardiac phases. In the first R-R interval k-space lines 1-4 are 
repeatedly acquired; in the second R-R interval k-space lines 5-8 are acquired, and so 
on, until the raw data matrix is completely filled. View sharing reconstruction allows 
up to (vps — 1 ) intermediate cardiac phases to be reconstructed between any two; for 
example, phases 1 .25, 1 .5, and 1 .75 can be reconstructed between phases 1 and 2. 
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the first R-R interval, views (6, 7, 8, 5) in the second R-R interval, and so on. 
The intermediate reconstructed phases increase the apparent or effective tem- 
poral resolution by providing a more smoothly varying cine display. The true 
temporal resolution, however, is the time to acquire one k-space segment, vps 
times TR. View sharing does not increase the true temporal resolution because 
it does not add any new k-space data. Instead, it reuses existing data one or 
more times. 

Even without view sharing, the number of reconstructed images in a 
cardiac-triggered acquisition can be quite large because it is the product of 
the number of slice locations and the number of cardiac phases (and echoes, 
for a multiecho scan). For this reason, sometimes only a single intermediate 
cardiac phase is reconstructed, instead of the maximal number (vps — 1). To 
obtain the greatest benefit from view sharing in that case, the intermediate 
cardiac phase halfway between the original phases is typically reconstructed. 
In Figure 13.37 this corresponds to phases 1.5, 2.5, and 3.5. 

Although this discussion has focused on single-slice acquisitions, exten- 
sion to multislice acquisitions is possible. Use of view sharing in real-time or 
multiphase cardiac studies acquired in 2D sequential mode is straightforward, 
because each slice location can be treated separately. Interleaved 2D multislice 
acquisition does not lend itself to view sharing, however, because views cannot 
be shared among different slice locations. View sharing has not been widely 
used in 3D volume imaging; for example, the TRICKS method described in 
Section 1 1.3 uses interpolation instead. 
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Introduction 

A pulse sequence is a series of events (or the computer program that initiates 
them) comprising RF pulses, gradient waveforms, and data acquisition. The 
purpose of the pulse sequence is to manipulate the magnetization in order to 
produce the desired signal. Pulse sequences play a central role in MR imaging. 
Many important concepts of MR are realized through pulse sequence design 
and implementation. Virtually every imaging application is enabled by one or 
more pulse sequences. Even after more than three decades of development, 
MRI pulse sequence design remains an active area of research and continues 
to extend the versatility of MRI compared to other imaging modalities. Based 
on the tools and pulse sequence components presented in the first four parts of 
this book, Part V describes a number of pulse sequences that are commonly 
used for both routine clinical diagnosis and advanced applications. 

We have classified the pulse sequences into four categories: basic pulse 
sequences, angiographic pulse sequences, fast imaging pulse sequences util- 
izing echo trains, and pulse sequences for advanced applications. These 
classifications are not rigorous and are intended only for convenience based 
on some interrelationships among the pulse sequences. 

Chapter 14 describes three families of basic pulse sequences: gradient 
echo or field echo (Section 14.1), inversion recovery (Section 14.2), and RF 
spin echo (Section 14.3). Many variations of these sequences, such as spoiled- 
gradient echo, STIR, FLAIR, and dual-echo spin echo, are also discussed in 
these sections. Pulse sequences described in Chapter 14 are the basis of many 
clinical and research applications. 

Pulse sequences for MR angiography (MRA) are the subject of Chapter 15. 
Several commonly used MRA techniques are discussed: black blood 
angiography (Section 15.1), phase-contrast angiography (Section 15.2), and 
time-of-flight and contrast-enhanced angiography (Section 15.3). In accord- 
ance with the building-block organization of the book, Chapter 15 describes 
how these pulse sequences are used for MRA; the basics of these pulse 
sequences can be found in Chapters 14 and 1 6, as well as the earlier parts of the 
book. For example, two-dimensional time-of-flight angiography is described 
in Section 15.3, but detailed descriptions of gradient echoes, spatial saturation, 
and gradient moment nulling are found in their own sections. Also relevant 
image reconstruction and display techniques (e.g., complex difference recon- 
struction or maximum intensity projection) that are not discussed in Part IV 
of the book are explained in Chapter 15. Chapter 15 only provides an intro- 
duction to MRA, which is a subject with a very extensive literature. For more 
information the reader is referred to books dedicated solely to MRA, such as 
Anderson et al. (1993), Potchen and Haacke (1993), and Prince et al. (1999). 
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Chapter 16 focuses on fast imaging pulse sequences that employ an echo 
train, that is, multiple RF spin echo or gradient echoes following an RF 
excitation pulse. Echo planar imaging (EPI; Section 16.1) is one of the fastest 
imaging pulse sequences, capable of producing a 2D image in a few tens 
of milliseconds. This technique plays an essential role in many advanced 
MR applications, such as diffusion, perfusion, neurofunctional, and dynamic 
imaging. EPI techniques and applications span a very broad range. Interested 
readers are referred to Schmitt et al. (1998) for expanded discussions of sub- 
jects that cannot be thoroughly covered in Section 16.1. Rapid acquisition 
with relaxation enhancement (RARE; Section 16.4) and its variations (such 
as fast spin echo, FSE) rely on multiple RF spin echoes to sample k-space 
so that the total imaging time can be reduced several-fold compared to con- 
ventional spin echo pulse sequences. In this book, we use the term RARE to 
refer to all variations of such pulse sequences to avoid possible confusion with 
commercial names. RARE has virtually replaced conventional RF spin echo 
pulse sequences for ^-weighted imaging, and its application is still expanding. 
A hybrid between EPI and RARE known as gradient and spin echo (GRASE) 
is discussed in Section 16.2. GRASE overcomes some of the limitations of 
EPI and RARE, but also inherits many of the problems of both. Section 16.3 is 
devoted to a pulse sequence known as principles of echo-shifting with a train of 
observations (PRESTO), in which a TE longer than TR can be achieved in an 
echo-train fast imaging sequence. This pulse sequence, although not as widely 
used as EPI and RARE, has found applications in neurofunctional, perfusion, 
and diffusion imaging. 

The last chapter of the book, Chapter 1 7, includes several selected methods 
used for advanced applications and also two alternative k-space sampling 
strategies. Arterial spin tagging (Section 17.1) combines an inversion pulse 
with a fast imaging pulse sequence such as EPI or spiral to encode information 
about tissue perfusion into the MR signal. The section on diffusion imaging 
(Section 17.2) includes diffusion-weighted imaging (DWI), apparent diffusion 
coefficient (ADC) mapping, diffusion tensor imaging (DTI), and an intro- 
duction to q-space imaging. The diffusion-weighting gradient, central to all 
diffusion imaging techniques, is discussed in Section 9.1. Dixon's method 
(Section 17.3) is a technique for obtaining separate images from individual 
spectroscopic species using a limited number of acquisitions with different 
echo times. The ability to produce separate water and lipid images, even in 
the presence of So inhomogeneity, makes Dixon's method particularly use- 
ful for lipid suppression, water suppression, and tissue-lipid content analysis. 
Driven equilibrium (Section 17.4) is a pulse sequence module that can be 
appended to the end of a pulse sequence to allow shorter TR while preserving 
the signal-to-noise ratio of tissues with long T\ and Tj. Also described in that 
section is the driven equilibrium magnetization preparation module that can 
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be appended to the beginning of a pulse sequence to achieve 72-weighting. 
The last two sections of Chapter 17 focus on two alternative k-space sampling 
strategies: projection or radial acquisition (Section 17.5), which was the ori- 
ginal method used to acquire MRI data, and spiral (Section 17.6), which has 
been increasingly used for fast imaging. 

One continual source of confusion in the study of pulse sequences is that 
the various equipment manufacturers have called the same (or virtually the 
same) pulse sequence by completely different names. We have tried to list 
most of popular names for the pulse sequences as they are introduced in Part V. 
This situation is particularly confusing for the study of gradient echoes, so a 
table cross-referencing commercial names has been included in Section 14.1. 
Review articles such as Mugler (1999) and Nitz (1999) are also helpful for 
making sense of this acronym soup. 

There are many other pulse sequences that are not covered in Part V of 
the book. The reader is referred to other books on the subject such as Haacke 
et al. (1999), Bradley and Bydder (1997), and Vlaardingerbroek and den Boer 
(2003), as well as the review articles cited earlier. Ongoing research efforts 
will continue to expand the scope of MR pulse sequences. We hope that the 
descriptions of the pulse sequences in Part V provide the reader with a basis 
to better appreciate the existing and future literature and aid the reader in 
implementing the existing pulse sequences and developing new ones. 



Selected References 

Anderson, C. M., Edelman, R. R., and Turski, P. A., eds. 1993. Clinical magnetic 

angiography. New York: Raven. 
Bradley, W. G., and Bydder, G. 1997. Advanced MR imaging techniques. London: Dunitz. 
Haacke, E. M., Brown, R. W., Thompson, M. R„ and Venkatesan, R. 1999. Magnetic 

imaging: Physical principles and sequence design. New York: Wiley-Liss. 
Mugler, J. P, III. 1999. Overview of MR imaging pulse sequences. Magn. Reson. Imaging Clin. 

N.Am. 7:661-697. 
Nitz, W. R. 1999. MR imaging: Acronyms and clinical applications. Eur. Radiol. 9: 979-997. 
Potchen, E. J., and Haacke, E. M. 1 993. Magnetic resonance angiography. St Louis, MO: Mosby. 
Prince, M. R., Grist, T. M., and Debatin, J. F. 1999. 3D contrast MR angiography. Berlin: 

Springer. 
Schmitt, F, Stehling, M. K., and Turner, R. 1998. Echo planar imaging. Berlin: Springer. 
Vlaardingerbroek, M. T, and den Boer, J. A. 2003. Magnetic resonance imaging. Berlin: 

Springer. 



CHAPTER 



14 



Basic Pulse Sequences 



14.1 Gradient Echo 

Gradient echo (GRE) is a class of pulse sequences that is primarily used for 
fast scanning (Frahm et al. 1986). GRE is widely used in 3D volume imaging 
and other applications that require acquisition speed. Examples include vascu- 
lar and cardiac imaging and acquisitions that require breath-holding. Gradient 
echoes are alsc called gradient-recalled echoes, gradient-refocused echoes, 
and field echoes. The term 'field echo' refers to the magnetic field produced 
by the frequency-encoding gradient waveform that rephases the GRE. 

GRE pulse sequences do not have the 1 80° RF refocusing pulse that is used 
to form an RF spin echo. Instead, gradient reversal on the frequency-encoded 
axis forms the echo. First a readout prephasing gradient lobe dephases the 
spin isochromats, and then they are rephased with a readout gradient that has 
opposite polarity. (This process is explained in detail in Section 8.1.) The peak 
of the GRE occurs when the area under the two gradient lobes is equal (see 
Figure 8.7). Partial-echo acquisition and reconstruction (Section 1 3.4) are com- 
monly used in GRE and are implemented in the pulse sequence by reducing the 
gradient area of the readout prephasing lobe, as indicated on many of the pulse 
sequence diagrams in this section. Figure 14. 1 shows a typical pulse sequence 
diagram for a GRE pulse sequence. The common features of GRE sequences 
are illustrated, including the gradient reversal on the frequency-encoding axis, 
the partial-echo acquisition, the phase-encoding lobe, and the rewinder. This 
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Signal 
(spoiled or 
SSFP-FID) 



FIGURE 14.1 Pulse sequence used for spoiled GRE or SSFP-FID acquisitions. 



pulse sequence (as well as several variations) is discussed in more detail later 
in this section, after a discussion of the response of the magnetization to a 
series of RF excitation pulses. 

GRE acquisitions can be fast because the flip angle 9 of the excitation 
pulse is typically less than 90°, so the longitudinal magnetization component 
is never inverted by an RF refocusing pulse (although sometimes a preparatory 
inversion pulse is applied, as described in Section 14.2). Therefore, no lengthy 
period of time is required for T\ recovery, and GRE pulse sequences can use 
short TR (e.g., 2-50 ms). Even better, when low flip angles are used for the 
RF excitation pulse, an appreciable amount of transverse magnetization is cre- 
ated, leaving most of the longitudinal magnetization undisturbed. Figure 14.2, 
illustrates that the transverse magnetization that is gained is much greater than 
the longitudinal magnetization that is spent. This property is expressed by the 
relationship M±_ > (Mo — M z ), which can be shown quantitatively by recalling 
that for values of 6 «; 1 rad (approximately 57°), sin 6 % is much larger than 
l-cos#%6> 2 /2. 

Although acquisition speed is the main reason for using GRE pulse 
sequences, they have other useful features too. For example, GRE pulse 
sequences can provide images with bright (i.e., hyperintense) blood signal. 
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FIGURE 14.2 Response of fully relaxed magnetization to a small flip angle RF 
excitation pulse. The amount of transverse magnetization M± created by an RF excita- 
tion pulse is much greater than the loss of longitudinal magnetization (Mo - M z ), 
which allows short TR and rapid acquisition with GRE. 



This property is exploited in the time-of-flight and phase-contrast angiographic 
pulse sequences that are described in Chapter 15. GRE sequences also can 
provide susceptibility-weighted images because there is no 180° pulse to refo- 
cus the phase evolution caused by local variations in the magnetic field. The 
phase of the spin isochromats in the transverse plane continues to accumulate 
during the entire echo time. Consequently GRE images are contrast weighted 
by a factor e~ TE//7 2 , instead of e~ TE l Tl as in RF spin echo images. The para- 
meter T 2 * (T2 star) is sometimes called the apparent T 2 and is related to the 
spin-spin relaxation time T 2 by 



1 



1 



1 



t* t 2 r 2 ' 



(14.1) 



where T 2 is inversely proportional to the magnetic field inhomogeneity AB 
in each imaging voxel, that is, T 2 ~ l/(yA5). Whereas T 2 is an intrinsic 
property of the tissue, T 2 and T 2 * depend not only on external factors (e.g., sus- 
ceptibility variations within the patient and how well the magnet is shimmed), 
but also on the prescribed imaging voxel size. Although a moderate amount of 
T 2 * weighting can be advantageous for some applications (e.g., to image hem- 
orrhage), excessive T 2 weighting causes signal-loss artifacts. For example, 
gradient-echo images are much more prone to signal loss than their RF spin- 
echo counterparts in regions near metallic implants. A signal-loss artifact 
specific to gradient-echo imaging is discussed in subsection 14.1.3. Finally 
note that the assumption of exponential dependence e _TE / r 2 is only true if 
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the frequency distribution of the magnetic field inhomogeneity is the Four- 
ier transform pair of an exponential (see Table 1.2), that is, a Lorentzian 
distribution. 

Gradient echoes can be used with a variety of spatial-encoding methods. In 
this section we focus on two-dimensional Cartesian encoding. The extension 
to 3D volume acquisitions is straightforward, and the details are described in 
Section 1 1 .6. GRE can also be used for other k-space coverage strategies such 
as radial projection acquisition, which is described in Section 17.5. 

14. 1 . 1 Response to a Series of RF Excitation Pulses 

The excitation pulse is the only RF pulse in each TR interval, unless the 
GRE pulse sequence contains other modules (e.g., spatial saturation, mag- 
netization transfer, spatial tagging, and magnetization preparation) that are 
described in other sections of the book. Even when some of those other modules 
are applied, they only affect selected magnetization (e.g., a spatial saturation 
band), so most of the magnetization in the imaging slice does not experience 
them. (An exception occurs for the MP-RAGE pulse sequence described in 
Section 14.2.) Therefore, much (if not all) of the magnetization in the imaging 
slice experiences a series of identical excitation pulses with flip angle 0, evenly 
spaced in time by TR (Figure 14.3). We assume that 0^0, ±180°, . . . This 
0-TR-0-TR-0-TR . . . pulse sequence is the basis used to analyze GRE. (Note 
that many authors label the flip angle of the excitation pulse in a GRE pulse 
sequence by the Greek letter a and refer to the excitation pulses as alpha-pulses. 
To be consistent with the other sections of the book, however, we continue to 
use the symbol 0.) 

The steady state is a concept that is repeatedly used in the study of gradient 
echoes. The steady state is also called dynamic equilibrium. If a system is not 
changing, and all of its parameters are constant, then the system is said to be 
in static equilibrium. A system that is continually changing can reach a steady 
state if the conditions are right. For example, if a bucket of water leaks but is 



FIGURE 14.3 A train of RF excitation pulses that is used to analyze GRE. 
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being filled at exactly the same rate, the water level reaches a steady state. In 
GRE imaging, we consider steady states of both the longitudinal and transverse 
magnetization. 

After a sufficient number of excitation pulses are applied, the longitudinal 
magnetization M z reaches a steady state in GRE pulse sequences. That means 
that if we compare corresponding time points in adjacent TR intervals, the 
values of longitudinal magnetization M z will be equal. GRE pulse sequences 
can be classified by the response of the transverse magnetization, M±. If M± 
can be assumed to be zero just before each excitation pulse, then the GRE 
pulse sequence is said to be spoiled. If, however, the transverse magnetization 
reaches a (nonzero) steady state just before the application of each excitation 
pulse, then the pulse sequence is said to produce steady-state free precession 
(SSFP). The word free is used in the same sense as in free induction decay. 

Spoiling Spoiled GRE pulse sequences can produce images with some 
T\ -weighted contrast (Figure 14.4). These sequences go by a variety of 
names including spoiled Fast Low- Angle Shot (FLASH), spoiled gradient echo 
(SPGR), and T\ fast field echo (Tl-FFE), as listed in Table 14.1. 

Spoiling can be accomplished in a variety of ways. The simplest method 
is to select TR that is at least four to five times T2, so that the transverse 



SSFP-FID Spoiled-GRE Balanced-SSFP 




FIGURE 14.4 Axial brain images of a normal volunteer with three commonly used 
GRE pulse sequences at low, moderate, and high flip angles. TR = 14 ms, TE = 6 ms 
for the SSFP-FID and spoiled GRE images; and TR = 6 ms, TE = 3 ms for the 
balanced SSFP. 



Table 14.1 
Commercial Names of Common GRE Pulse Sequences Used by a Few MR Equipment Vendors" 



Vendor 





SSFP-FID 




Balanced 




Dual-Echo 


Spoiled 


or 


SSFP-Echo, 


SSFP or 


Multiacquisition 


SSFP 


Gradient 


Gradient 


or 


True 


SSFP 


or 


Echo 


Echo 


CE-FAST 


FISP 


or CISS 


DESS 



General Electric SPGR Gradient echo SSFP* 

or GRASS 
Philips CE-FFE-T1 orTl-FFE FFE CE-FFE-T2 

T2-FFE 
Siemens FLASH FISP PSIF 



FIESTA FIESTA-C 

Balanced FFE — 
TrueFISP CISS 



DESS 



"CE-FAST, contrast-enhanced Fourier-acquired steady state; CE-FFE, contrast-enhanced fast field echo; CISS, constructive interference in the steady 
state; DESS, dual-echo steady state; FFE, fast field echo; FID, free-induction decay; FIESTA, fast imaging employing steady-state acquisition; 
FIESTA-C, fast imaging employing steady-state acquisition with phase cycling; FISP, fast imaging with steady (-state free) precession; FLASH, fast 
low-angle shot; GRASS, gradient recalled acquisition in the steady state; PSIF, reversed fast imaging with steady (-state free) precession; SPGR, 
spoiled gradient echo; SSFP, steady-state free precession. 
fc SSFP-Echo pulse sequence not currently offered by General Electric. 
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FIGURE 14.5 GRE image of a uniform, spherical phantom acquired with no phase- 
encoding rewinder gradient and TR = 20 ms, TE = 5 ms, and flip angle = 30°. The 
resulting stripe pattern provides insight into RF spoiling techniques. 

magnetization decays nearly to zero by the end of the pulse sequence. Because 
the main advantage of using GRE is acquisition speed, this is not a very prac- 
tical spoiling method, unless the interleaved multislice acquisition strategy is 
used to increase the number of slice locations per TR (Section 1 1.5). For 2D 
sequential or 3D volume acquisitions, however, a different spoiling strategy 
must be used. End-of-sequence gradient spoiler (Section 10.5) pulses can be 
applied, but they are not effective at spoiling the transverse steady state unless 
their gradient area varies from TR to TR interval. Even with time- varying 
spoilers, the spoiling will be spatially nonuniform because gradients produce 
spatially varying fields. This is illustrated by the stripe pattern in Figure 14.5, 
which is obtained by using the phase-encoding gradient as a spoiler, (i.e., no 
phase rewinding lobe is used). A better solution is to use RF spoiling (Crawley 
et al. 1988; Zur et al. 1991 ; Duyn et al. 1997) to phase cycle the RF excitation 
pulses according to a predetermined schedule. RF spoiling not only provides 
more spatially uniform results, but also avoids eddy currents that vary among 
the TR intervals. Several RF phase-cycling schemes that produce good results 
are described in the literature. 

Let <$>j be the phase of the B\ field for the y'th RF pulse in the rotating 
frame; <t> = for a 6 X pulse, and <J> = 90° for y . One method is to use 
randomized phases 4> y , but then the effectiveness of the spoiling can fluctuate 
from TR to TR interval. A more popular method is to use a phase-cycling 
schedule such as: 

<D y = <&_,-_! +j<Do, y = l,2,3,... (14.2) 

so that the phases *o, *i = 2<I>o, $2 = 44> , $3 = 7<t>o, . . . , are applied. 
The starting value 4>o is an adjustable parameter. The value 4>o = 117° is 
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recommended in Zur, Wood, and Neuringer (1991). Because the phase incre- 
ment (<i> ; — 4> ; -i) in Eq. (14.2) is linearly proportional to j, the phase <t>j 
varies quadratically with j. This quadratic dependence can be seen explicitly 
by solving the difference equation (14.2): 

*; = 2*oO" 2 + ./ + 2), j = 0,1,2,... (14.3) 

With RF spoiling, the degree of spoiling depends strongly on the choice of 4>o, 
but unlike random phase methods it is uniform among the TR intervals. Note 
that RF-spoiled GRE pulse sequences must apply a phase-encoding rewinder 
because the gradient area on any of the three logical axes must not vary from 
TR to TR interval or else the spoiling will be spatially dependent. Also, during 
each TR interval, the received MR signal must be shifted by a phase <J> j , so 
that the k-space data are consistent. 

Examining the structure of the stripes in Figure 14.5 can provide physical 
insight into RF spoiling and the choice of <t>o- The linear increment of the phase 
represented by Eq. (14.2) is equivalent to the phase twist imparted by the phase- 
encoding gradient as it is stepped to Fourier-encode an image. Because images 
such as Figure 14.5 are obtained using the phase-encoding gradient as a spoiler, 
they have the remarkable property of providing a spatial map of the effect of 
many different values of <J> between +180° and -180° in a single image. 
The bright stripes are unspoiled regions, corresponding to short phase cycles, 
such as <t>o = 360° /n, where n is a small integer. A phase advance of 360° is 
equivalent to <Pq — 0°, or n = 1 (i.e., no phase cycling) and corresponds to the 
bright stripe in the center. A value of n = 2 (<3> = 180°) corresponds to neg- 
ating every other pair of pulses; that is, it sets up a short phase cycle (of length 
4 x TR) and produces the second brightest stripe, which is partially visible at 
the edge of the image. The dark regions are spoiled and correspond to phase 
cycles that have length much greater than T 2 /TR. This explains why a phase 
increment of 1 17° works well — no small integer multiple of 1 17° is divisible 
by 360°. Many other values of <&o (e.g., 123°) also produce good RF spoiling. 
Also note that the pattern of stripes is symmetric with respect to the center; 
that is, choosing a phase increment of — 4>o produces the same effect as +4>o. 

Steady State of the Longitudinal Magnetization for Spoiled Pulse 
Sequences If we assume perfect spoiling, then M± is zero just before each 
RF pulse. Each excitation pulse converts longitudinal magnetization into trans- 
verse magnetization, which produces an FID that can be rephased into a GRE. 
Referring to Figure 14.3, if the longitudinal magnetization at point A is M zA , 
then after the excitation pulse: 

M zB = M zA cos6 (14.4) 
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In the TR interval between points B and C, T\ relaxation occurs, so according 
to the Bloch equations: 

M zC = M zB e~ TR/Tl + M (l - e~ TR/Tl ) = M zA cos6>£, + M (l - E x ) 

(14.5) 

where E\ = e~ TR/T] . When a steady state for the longitudinal magnetization 
is reached: 

M zA = M zC (14.6) 

Eliminating M z c from Eq. (14.5) yields: 

M- A 1 - E\ 

m = 1 JT ~ /: - ss (14 ' 7) 

Mo 1 — cosOEi 

where / zss is a dimensionless measure of the steady-state longitudinal 
magnetization. Returning to the bucket analogy of steady state, the longi- 
tudinal magnetization corresponds to the water level, the RF excitation pulse 
corresponds to the leak, and T\ recovery corresponds to the water pouring in. 
The signal S spo ii from a spoiled GRE acquisition is caused by the gradient 
rephasing of the FID at an echo time TE, so it is given by M zA sin 9e~ TE/T 2 . 
Writing the expanded form of E\ yields the well-known result: 



Mo sin (9(1 -e- TR / r ')^- 
(l-cos^- TR /r,) 



TE/r,* 



The flip angle 6 that maximizes the spoiled GRE signal in Eq. (14.8) is called 
the Ernst angle. Setting the first derivative to zero and verifying that the second 
derivative is negative yields: 

9e = arccos E { = arccos(<?" TR/;ri ) (14.9) 

The value of #e lies between and 90°, and monotonically increases as the 
ratio TR/7i increases. Physically, when the flip angle is less than the Ernst 
angle, it is an indication that the signal can be increased by further increasing 
the flip angle because the benefit of creating more transverse magnetization 
outweighs the further loss of longitudinal magnetization. 

Equation (14.8) represents the signal from a perfectly spoiled GRE pulse 
sequence, provided that the longitudinal magnetization has reached a steady 
state. It also is useful to examine how the longitudinal magnetization responds 
to the first in the series of RF excitation pulses, the approach to steady state 
(Hanicke et al. 1990). If the magnetization experiences a total of j excitation 
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FIGURE 14.6 The approach to steady state for a spoiled GRE pulse sequence, plotted 
versus the number of excitation pulses that the magnetization experiences, (a) TR/ T\ = 
0.1, which corresponds to an Ernst angle of 25.2°. (b) TR/T, = 0.01, with Ernst angle 
of 8.1°. 

pulses (j > 1), then the steady-state expression for the spoiled GRE signal in 
Eq. (14.8) is replaced by the approach to steady state: 

Sj = M sin9 [/ ZiSS + (cos^^/V-'d - /,, ss )] e ~ TE/T 2 (14.10) 

Figure 14.6 illustrates the approach to steady state for several values of the 
flip angles and for T\ equal to 10 or 100 times the TR. Because of the factor 
(cos 6y~ ' in Eq. (14. 10), the approach to steady state is faster for larger values 
of the flip angle. This analysis has assumed perfect spoiling, which is difficult 
to attain in practice. The actual approach to steady state can have considerable 
deviations from the ideal case (Epstein et al. 1996). 

When the flip angle is equal to the Ernst angle, / z , ss reduces to ( 1 + E\ )~ ' , 
so the approach to steady state takes the form: 



±(l+E* J - l )e~ TE / T 2* 
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Example 14.1 Verify Eq. (14. 10) by using mathematical induction. That is, 
first show that it is true for j = 1 . Then show that its truth for j = m — 1 implies 
its truth for j =m. 

Answer When j = 1, Eq. (14.10) reduces to 5, = M sin<9e" TE/:r 2*, which 
is true because it represents the FID response of the fully relaxed longitu- 
dinal magnetization to the first RF pulse that is applied. Now suppose that the 
longitudinal magnetization just before pulse m - 1 is: 

M~ m _ x = M (/ z , ss + (cos#£,r- 2 (l - /,, ss )) m > 2 (14.12) 

Just after the pulse M+ m _ l = M~ m _ l cosO. Accounting for T\ relaxation in 
between the pulses m — 1 and m yields: 

M~ m = Af~ m _, cos#£i + M (l - Ei) (14.13) 

Substituting Eq. (14.12) into Eq. (14.13) yields: 

M~ m = M (cosOEif,^ + (cos6>£i) m -'(l - / ZiSS ) + (1 - £i)) (14.14) 

Therefore to complete the inductive proof requires that / ZjSS = cos 6E\ / ZiSS + 
(1 — £i), which can be readily verified with Eq. (14.7). 

Equation (14.10) is used in the study of flow-related enhancement, as 
described in Section 15.3. It also allows us to predict how long it takes for the 
transient response to die away and the steady state to be established. This can 
be of practical importance, whether or not k-space data are collected during 
the approach to steady state. For example, Eq. (14.10) and knowledge about 
the view order can be used to estimate how many dummy pulse sequences 
(i.e., pulse sequences with the data acquisition disabled) to play. Also, several 
catalyzing methods have been developed to accelerate the approach to steady 
state. For example, a spatial saturation pulse can be applied, followed by a 
waiting period (Busse and Riederer 2001). 



SSFP-FID and SSFP-Echo SSFP-FID is a standard gradient-echo pulse 
sequence that provides greater signal than spoiled pulse sequences, but often 
at the cost of reduced contrast (Figure 14.4). It goes by a variety of commercial 
names (e.g., FISP) that are listed in Table 14. 1 . SSFP-echo is a less widely used 
pulse sequence, but is conceptually important for understanding the transverse 
steady state. 

If the RF excitation pulses in the #-TR-6»-TR-#-TR. . . sequence are phase 
coherent and TR is less than or on the order of T2, then an SSFP (Carr 1958; 
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FIGURE 14.7 Schematic representation of the transverse steady state for (a) a standard 
train of RF pulses and (b) a sign-alternated pulse train. The magnitude of the SSFP 
signal is not affected by the sign alternation, but the polarity can be, as shown. The 
SSFP can have substantial oscillations (not shown), like any other FID or echo. 

Ernst and Anderson 1966) is established. In this context, phase coherent means 
that the RF pulses all have the same phase in the rotating frame, (i.e., 6 X -TR~ 
9 X -TR-8 X . . .) or else a simple phase cycle such as sign alternation (0 X -TR- 
O- x -TR-Q x -TR-0- x -. . .). A further condition to avoid spoiling the steady state 
is that the phase accumulated by the transverse magnetization be the same in 
each TR interval. This condition requires that the gradient area in each TR 
interval be the same, so, for example, a phase-encoding rewinder lobe must be 
applied. 

If these conditions are met, steady states for both the longitudinal magneti- 
zation and transverse magnetization will be established. The resulting SSFP 
of the transverse magnetization is schematically shown in Figure 14.7. It com- 
prises two parts: an FID-like signal that forms just after each RF pulse and a 
time-reversed FID-like signal that forms just before each pulse. The former is 
called S+ or SSFP-FID, and the latter is called S~ or SSFP-echo. If RF pulses 
are sign alternated, the amplitudes of the SSFP signals are unchanged, but their 
signs are reversed in every other TR interval, as shown in Figure 14.7b. 

To calculate the strength of the SSFP-FID and SSFP-echo signals for GRE 
imaging, a two-step procedure is usually followed. (An alternative procedure is 
described in Gyngell 1988.) First, a recursion relation is set up that equates the 
magnetization in adjacent TR intervals, similar to Eq. (14.6). The procedure is 
more complicated than that used to derive Eq. (14.7), however, because both 
the transverse and longitudinal magnetization must be considered. Also, if 
sign alternation is used in the train of RF pulses, then the equality is assumed 
for every other TR interval. Details of the calculation are provided in Freeman 
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and Hill (1971). Also a new parameter 4> is introduced, which is the angle 
through which the transverse magnetization precesses during each TR interval. 
The second step is to recognize that in GRE the imaging gradients introduce 
a spread of 4> across the voxel and to account for this spread by convolution 
(Zur et al. 1988). The final results of the calculation are presented in Hanicke 
and Vogel (2003): 

.... (£i -cos0)(l -£,)\ 
SSFP FID = M tan - » » < - — ^ ^ ' 



■(?)(■ 



, „ . . (1 - E x cos9)(l - E 2 ) 
SSFP E cHO = M tan - 1- V M ^ 



JP L -q L 

where £2 = e~ TR / Tl , and 

p = 1 - E x cos<9 - £|(£! - cose) 

q = E 2 (\ -£i)(l+cos60 

The two lines in Eq. (14.15) are derived under the assumption that the SSFP- 
FID and SSFP-echo signals do not overlap substantially in the readout window. 
Also note that, from Eq. (14.16), an alternative algebraic form can be 
derived: 



(14.16) 



\-Ei \-Ei 

—====== \ (14 17) 

VV - q 2 V (1 - £i cos#) 2 - E 2 (Ei - cosO) 2 

Although the SSFP signal formulas in Eq. (14.15) are more complicated than 
the spoiled case in Eq. (14.8), there are some simple limiting cases. For 
example, if TR > 72, then £2 is negligible, and p -> ( 1 — £1 cos 9) and q -> 0. 
Therefore SSFPecho -► 0, and with the aid of the trigonometric identity 
tan(w/2) = sin«/(l +cosm): 

SSFPfid -> Mo sin 6 ~ £l) , TR » T 2 ( 1 4. 1 8) 

1 — £] cos# 

Equation (14.18) is the same as the expression for the spoiled case (Eq. 14.8), 
up to a factor of e ~ TE/T 2 . If the SSFP-FID is rephased as a GRE at time 
TE, the two expressions become identical. This limiting case indicates that 
prolonging the TR and waiting for the transverse magnetization to decay away 
is an effective spoiling method. 

Another instructive case is 9 -> 0, that is, the small flip angle limit. After 
some algebra, we find that ^/ p 2 — q 2 ->■ (1 — £1) (l — E 2 ). This in turn 
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implies that: 

9 « 1 (14.19) 

that is the SSFP-FID becomes proton-density weighted at small flip angles, 
just like the spoiled signal in Eq. (14.8). 

Despite the similarities between these two limiting cases, SSFP-FID 
and spoiled signals usually display substantially different contrast behavior. 
At intermediate and high flip angles, spoiled GRE provides considerable 
T\ -weighting and dark fluid, whereas SSFP-FID provides less contrast but 
bright fluid (Figure 14.4). It is useful to remember that at fixed acquisition para- 
meters (TR, TE, flip angle, etc.) the signal from SSFP-FID is greater than the 
signal from spoiled GRE. In other words, spoiled GRE obtains increased con- 
trast by removing signal, mostly from tissue with a long Tj, whereas SSFP-FID 
reuses transverse magnetization to increase signal. 

The SSFP-echo signal can provide greater T2 -weighting compared to the 
SSFP-FID, especially at intermediate and high flip angles. Simplifying the 
algebra by setting 9 = 90° so that cos 9 = and using Eqs. (14. 15) and ( 14. 17), 
we find the ratio of the two signals is: 

SSFPechq = l-y/(l-El)/(l-EM) (14 

SSFP FID j _ Ex ^\ _ E 2) I ^ _ E 2 E 2} 

Using Eq. (14.20) and the expansion *Jl +e % 1 + e/2 -I , the interested 

reader can show that in the case of TR «; T\ , as E\ -> 1 : 

^g^£ 2 W 2 ™^, TR«7 1 (14.21) 

SSFPfid 

A physical interpretation of Eq. ( 14.2 1 ) is that the SSFP-echo signal is primarily 
composed of the SSFP-FID signal refocused from the previous TR interval, 
that is, TE = 2 x TR. If the echo is shifted to the left by an amount A to 
form a GRE as shown in Figure 14.1 1 (later in the chapter), then Eq. (14.21) 
is modified to 

SS^fflO ^-(2TR-A)/r 2i TR<<ri (1422) 



Balanced SSFP (True FISP) To establish SSFP, the gradient area on any 
axis must not vary among the TR intervals. If a further condition is imposed 
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that the gradient area on any axis is zero during each TR interval, a very 
different steady state results. The peaks of the SSFP-FID and SSFP-echo will 
coalesce; that is, they rephase at the same time TE. Therefore the balanced 
SSFP signal is the coherent sum of the two signals (Oppelt et al. 1986; Duerk 
et al. 1998). Equation (14.15) is no longer valid because the analysis used to 
derive it assumes that the two signals are well separated in time. Also, unlike 
Eq. (14.15) the magnitude of the signal (and notjust its sign as in Figure 14.7b) 
now depends on whether the RF excitation pulses all have the same phase or 
are sign alternated. The result with sign alternation is: 

SSFP bal , alt = M o sin0— — ' ' ~ £l e~ TE ^ (14.23) 

1 — (E] — E 2 ) cos 8 — E\ E 2 

and without sign alternation: 

SSFP bal , noaIt = Mo sin 9 1 ~ £ ' Q i r r e" TE/T2 (14.24) 

1 - (£1 + E 2 )cos6 + E[E 2 

Note the use of T 2 rather than T 2 * in the exponential in Eqs. (14.23) and 
( 14.24). As shown in Scheffler and Hennig (2003), this is correct if the balanced 
SSFP signal is rephased in the center of the TR interval (i.e., TE = TR/2), in 
which case e ~ TE/T2 = -JE^. As the peak of the balanced SSFP signal is moved 
away from the center of the TR interval, T 2 ' weighting is introduced. In practice, 
the amount of r 2 ' weighting is usually negligible because a very short TR is 
used and also because the homogeneity requirements are stringent in balanced 
SSFP imaging. But it is interesting to note that contrary to spoiled or SSFP- 
FID pulse sequences, decreasing TE can increase susceptibility weighting in 
balanced SSFP. 

The signal in Eq. (14.23) is greater than (14.24), so in practice sign alter- 
nation is used. Physically, the effect of the sign alternation is analogous to 
the driven equilibrium methods discussed in Section 17.4. The RF pulses with 
negative flip angle help to drive the longitudinal magnetization back to its 
equilibrium position, increasing signal when TR is much less than T\ . 

The effect of sign alternation is equivalent to a pulse sequence (without 
sign alternation) that has constant precession of the transverse magnetization 
by <p = 180° in each TR interval (Hinshaw 1976). Similarly, if a constant pre- 
cession <j> = 1 80° per TR interval occurs in a sign-alternated pulse sequence, 
it effectively removes the sign alternation, so that the lower signal represented 
by Eq. (14.24) results. A spatial region where this signal loss occurs is known 
as a band. Figure 14.8 shows a representative plot of signal versus <p with 
and without sign alternation. As described in Carr (1958), the shape of the 
curves in the plot depends on T\ , T 2 , and 9. Because unwanted phase shifts 
are usually present in MRI, banding is a serious problem in balanced-SSFP 
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Phase precession perTR (degrees) 

FIGURE 14.8 Representative plot of a balanced SSFP signal versus phase precession 
per TR interval of the transverse magnetization. When the RF pulses are sign alternated 
(solid line), strong signal results on resonance cp = and a minimum of the signal (a 
band) occurs at 4> = ±180°. When the RF pulses are not sign alternated (dashed line), 
the curve is shifted so that the minimum occurs on resonance. Both curves repeat with 
a period of 360°. 



imaging. Assuming a constant resonance offset, the accumulated phase cp is 
proportional to the repetition time. Therefore short TR (e.g., 7 ms or less) 
is key to eliminating banding artifacts, especially because susceptibility vari- 
ation is inevitable and can rarely be shimmed out completely. Technological 
strides in obtaining shorter TR (e.g., more powerful gradients), field homogen- 
eity, and eddy-current compensation have allowed balanced SSFP to become 
a clinically important pulse sequence. Note that balanced SSFP becomes pro- 
gressively more difficult to implement as the field strength B increases, not 
only because of increased susceptibility variations (measured in hertz), but 
also because SAR becomes a concern with the use of very short TR. 

For short TR (i.e., TR <<c T 2 < T\ ), the signal formulas can be simplified 
because £, % 1 - TR/ T\ , and £ 2 ~ 1 - TR/ T 2 . In that case the signal from 
sign-alternated balanced SSFP can be expressed as a function of T\ / Tr. 



SSFPbal.alt ~ 



Mo sin 



(Ti/T 2 )(l 



_ e -TE/7 : T R«r 2 

(14.25) 



Because the factor of T\/T 2 is in the denominator of Eq. (14.25), balanced 
SSFP is sometimes said to have 'Tj/T\' contrast weighting. This explains the 
hyperintense signal from fluids and fat often seen on balanced SSFP images. 
The signal in Eq. (14.25) is maximized when the flip angle is: 
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At flip angles near 90°, cos 6* % 0, so balanced SSFP becomes more highly 
T 2 /T\ weighted because Eq. (14.25) reduces to: 

SSFP baUlt | e=90 o % -^J±- e - 1E l T \ TR « T 2 (14.27) 

T\ + T 2 

The signal in Eq. (14.27) reaches a maximum of nearly Mo/2 when T 2 = T\, 
independent of TR. This is an extremely strong signal for a short TR pulse 
sequence, which helps to explain the popularity of balanced SSFP methods. 
Balanced SSFP methods have virtually replaced the use of SSFP-echo, which 
also provides images with bright fluid but which produces much less signal 
and has greater sensitivity to flow dephasing. That is why SSFP-echo is not 
emphasized in this book. 

The approach to steady state in a balanced SSFP pulse sequence can take 
on the order of four to five times T\ . This is a long time to wait relative to TR, 
so accelerating or catalyzing (Scheffler 2003) the approach to steady state is an 
important practical problem. Moreover, once the steady state is established it 
often has to be interrupted, for example, for the periodic application of chemical 
saturation pulses or to resynchronize the pulse sequence with a detected cardiac 
trigger. A simple and relatively effective catalyzing method for sign-alternated 
balanced SSFP is to apply a half-flip angle pulse with a half-TR interval, that 
is, (0 x /2) - (TR/2) -0- x -TR-6 x ---. More sophisticated catalyzing 
methods such as linearly ramping up flip angle are described in Le Roux 
(2003) and Hargreaves et al. (2001). Also the SSFP can be temporarily stored 
on the longitudinal axis (Scheffler et al. 2001 ) for the application of a chemical 
saturation or other magnetization-preparation pulse by ramping down the flip 
angle, for example, by applying the following train of RF pulses: 

■■■e x -TR-9- x - (TR/2) - (0 x /2) - (Chemical saturation) - (0 x /2) 
- (TR/2) - A-, ■ • • 



Multiple-Acquisition SSFP (CISS) In some applications such as imaging 
the structures of the inner ear, very small fields of view (10 cm or less) are 
desired. This necessarily increases the minimum TR, so that banding artifacts 
are unavoidable in balanced SSFP. Using a technique known as constructive 
interference in the steady state (CISS), or multiacquisition SSFP, can suppress 
the bands (Casselman et al. 1993). Two acquisitions are obtained sequentially, 
for example, one with sign alternation of the excitation pulses and the other 
without. The two images are separately reconstructed. Because of the phase 
cycling, the locations of the bands are shifted relative to one another by one- 
half the spatial period on the two corresponding images. Any given pixel can 
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FIGURE 14.9 Sagittal head images of a healthy volunteer using a multiacquisition 
balanced SSFP technique known as CISS or FIESTA-C. (a) Balanced SSFP image 
displaying intense signal from fluid, but some banding artifact due to off-resonance 
effects (arrow) near the sinus cavities, (b) Balanced SSFP without sign alternation 
shifts the bands, (c) Maximum intensity calculation of the other two images removes 
the banding artifact. (Courtesy of Heidi Ward, Ph.D., GE Healthcare.) 



lie within a band on one of the images, but unless there is extreme suscepti- 
bility variation, the pixel will not lie within a band on both images. Therefore, 
the bands can be suppressed on the final image by calculating a maximum 
intensity of the two magnitude images on a pixel-by-pixel basis, as shown in 
Figure 14.9. 

Multiacquisition SSFP has several variations. For example, instead 
of two acquisitions, four can be used, each with a different phase 
cycle: (9 X , 9 X , 8 X ,6 X ,.. .), (9 X , 9 y , 0- x , 6- y , . . .). (9 X ,9- X , 9 X , 9- x , . . .), and 
(9 x ,9- y , 9- x , 9 y , . . .). The bands are then shifted by one-quarter of the spatial 
period on each image. Four-acquisition can provide a smoother image appear- 
ance than two-acquisition, not only because of improved SNR but also because 
there should be three or four images on which any pixel does not lie in a band. 
A further variation is to replace the maximum intensity calculation with the 
square root of the sum of the squares, which can further improve the SNR 
(Bangerter and Nishimura 2003). 



14.1.2 Gradient Waveforms and GRE Pulse Sequence 
Names 

As discussed, there are a variety of SSFP signals that can result from 
the application of a string of excitation pulses: SSFP-FID, SSFP-echo, and 
balanced SSFP. The desired signal is selected by applying the proper gradient 
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Table 14.2 

Summary of the Gradient Waveforms, Radio Frequency Pulse Trains, and Contrast 

Formulas for Several Gradient Echo Pulse Sequences 





Gradient 




Contrast 


Generic Name 


Waveform 


RF Pulse Train 


Formula 


Spoiled GRE 


Forward 
(Fig. 14.1) 


RF spoiled 


Eq. (14.8) 


SSFP-FID 


Forward 
(Fig. 14.1) 


Standard or sign alternated 


Eq. (14.15) 


SSFP-Echo 


Reversed 
(Fig. 14.11) 


Standard or sign alternated 


Eq. (14.15) 


Balanced SSFP 


Balanced 
(Fig. 14.12 
or 14.13) 


Sign alternated 


Eq. (14.23) 


Multiacquisition 


Balanced 


Standard and sign alternated 


Eqs.( 14.23) 


SSFP 


(Fig. 14.12 




with banding 




or 14.13) 




artifacts 
removed 


Dual-echo SSFP 


Balanced, but 
with extended 
readout 
(Fig. 14.14) 


Standard or sign alternated 


Eq. (14.15) 


Dual-echo GRE 


Two forward 


Usually RF spoiled 


If spoiled 




readouts: one 




Eq. (14.8) 




with fat-water 




with TEi and 




in phase and 




TE 2 




one out of 








phase 








(Fig. 14.10) 







waveform. This is somewhat analogous to how crusher gradients are used 
to select the desired signal pathway, as discussed in Section 10.2. Also, the 
gradient waveform is necessary to rephase the FID into the desired GRE. 

Gradient waveforms for GRE pulse sequences can be divided into three 
main groups: forward, reversed, and balanced. Table 14.2 lists which gradient 
waveforms are used with various GRE pulse sequences. Within each group, 
further divisions can be made, for example, whether or not gradient moment 
nulling or partial echo is used. 

Figure 14.1 shows a forward gradient waveform with partial-echo 
sampling. This waveform is used to rephase a GRE from an SSFP-FID or a 
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FIGURE 14.10 Dual-echo GRE pulse sequence. Often TEi and TE 2 are selected so 
that fat and water are out of phase on one echo and in phase on the other. This is 
indicated schematically by the solid and hollow arrows on the top row. 



spoiled signal. The end of sequence spoiler pulse dephases any residual SSFP- 
echo signal. The spoiler pulse is shown on the slice axis, although it could be 
applied on any one, two, or all three of the logical axes. The pulse sequence can 
be extended to rephase two gradient echoes, as shown in Figure 14. 10. Alterna- 
tively, the pulse sequence can be time-reversed as shown in Figure 14.11, in 
order to form an image from the SSFP-echo signal. The spoiler pulse at the 
beginning of the pulse sequence eliminates the SSFP-FID signal. 

Figure 14.12 shows a typical gradient waveform used to acquire a full- 
echo, balanced SSFP signal. This same gradient waveform can be used 
regardless of whether the RF pulses are sign alternated or not. The key feature 
is the gradient area on any of the logical axes is zero when integrated over one 
TR interval. Any slight deviation from this requirement causes the SSFP-FID 
and SSFP-echo signals to separate from one another in the readout window and 
interfere, leading to banding artifacts in the image. Figure 14.13 shows how 
the gradient waveform is modified to acquire a partial-echo balanced SSFP 
signal. The readout prephasing lobe is reduced in area by the same amount as 
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FIGURE 14.11 Pulse sequence used for SSFP-echo acquisitions. Note that it is a 
time-reversed mirror image of the pulse sequence used for SSFP-FID acquisitions. 
That is why we call it a reversed pulse sequence, as opposed to the forward sequence 
shown in Figure 14.1. 



the readout lobe while the rephasing lobe is left unchanged, so that the total 
area on the frequency-encoding gradient waveform remains zero. 

Sometimes the readout gradient is extended so that the SSFP-echo and 
SSFP-FID are intentionally separated enough not to interfere with one another 
and are collected as two distinct GREs (Bruder et al. 1988). This is called 
dual-echo steady state (DESS) free precession and representative gradient 
waveforms are shown in Figure 14.14. The readout gradient between the two 
echoes serves as a spoiler so that they do not interfere with one another. The two 
GREs have different contrast weightings, which can be seen from Eq. (14. 15), 
and more easily from Eq. (14.21). They can be viewed as separate images 
or else combined with postprocessing, such as summing the two magnitude 
images. Note the differences between DESS and dual echo GRE (Figure 14.10), 
which rephases the same FID twice. 

Various equipment manufacturers traditionally have given different names 
to equivalent or nearly equivalent pulse sequences (Elster 1993), which has 
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(balanced SSFP) 11 

FIGURE 14.12 Pulse sequence used for balanced SSFP acquisitions. On any of the 
three gradient axes, the net gradient area is zero during one TR interval. That is why 
it is called a balanced pulse sequence, as opposed to the forward and reversed pulse 
sequences shown in Figures 14.1 and 14.11, respectively. The RF pulse and part of the 
slice-selection gradient for the next TR interval are shown (dashed lines), to emphasize 
the symmetry of the waveform. 



implicated the study of GRE. Table 14.1 cross-references some of the com- 
lonly used names for GRE pulse sequences against the generic names that 
e have used. 



14.1.3 Practical Considerations 

GRE Pulse Sequence Selection Because there are so many different GRE 
pulse sequences, it is not always clear which one to select for a particular 
application. If T\ weighting is desired, then spoiled sequences are used. Spoiled 
GRE also has the greatest flexibility in the acquisition mode because sequential 
2D, interleaved 2D, and 3D can all be used. The steady-state pulse sequences, 
however, require a short TR, so only the 3D or sequential 2D acquisition modes 
are practical. It is important to keep in mind that the signal formula for spoiled 
GRE (Eq. 14.8) is different from the signal formula for conventional RF spin 
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FIGURE 14.13 Pulse sequence used for partial-echo, balanced SSFP acquisitions. 
The net area on the readout gradient waveform remains zero. Because TE < TR/2, a 
slight amount of susceptibility weighting is introduced. 



echo (Section 1 4.3), so quite different contrast behavior can be observed. These 
differences have been particularly noted in gadolinium-enhanced studies of the 
brain, as described in Mugler and Brookeman (1993). 

As TR decreases for fast GRE acquisition, the Ernst angle (Eq. 14.9) for 
spoiled GRE also decreases. Attempts to obtain T\ weighting by increasing the 
flip angle generally result in a poor SNR when TR is short (e.g., TR < 10 ms). 
Instead, the preferred strategy to obtain T\ weighting with a short TR is to use 
magnetization preparation (e.g., inversion) followed by a series of GRE pulse 
sequences, as in MP-RAGE (Section 14.2). With MP-RAGE, the short TR 
becomes an advantage because the k-space lines are acquired closer in time, 
so there is less blurring introduced by the signal modulation of the inversion 
recovery curve. 

Balanced SSFP with high flip angle provides the greatest SNR per unit 
time, so it is the method of choice if bright fluid signal is desired. Its two 
main drawbacks are banding artifacts in the region of susceptibility change, 
and a bright fat signal. To suppress the signal from lipids, the method in 
Scheffler et al. (2003) can be used. If banding artifacts are a problem, then 
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FIGURE 14. 14 Pulse sequence used for dual-echo steady-state (DESS) acquisitions. 



multiacquisition SSFP (i.e., CISS) is a good choice unless patient motion 
causes mis-registration artifacts. In that case, SSFP-FID is a robust alternative, 
although its acquisition efficiency per unit time is lower because the SSFP-echo 
signal is intentionally dephased. 

With the multiple GRE sequences, DESS has found application to joint 
imaging because it can provide a good depiction of cartilage (Hardy et al. 1 996). 
Dual-echo GRE is often used in a 2D mode with interleaved slice locations. 
The in-phase and out-of-phase images are particularly useful for body imaging 
because of the property described next. 



Chemical Shift Artifact of the Second Kind and Dual-Echo GRE The 
standard chemical shift artifact manifests itself as a spatial shift between fat 
and water in the frequency-encoded direction. It occurs both in RF spin-echo 
and in GRE images. If, however, fat and water are present in the same voxel, 
then at certain TE values GRE images display a second kind of chemical 
shift artifact. (That artifact is not seen on RF spin-echo images, although a 
similar artifact can occur when STIR is used; see Section 14.2.) This has been 
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FIGURE 14.15 Axial dual-echo GRE images of the abdomen. Fat and water are 
out-of-phase in (a) and in-phase in (b). 



called the phase cancellation artifact, the phase elimination artifact, the black 
boundary artifact, or the chemical shift artifact of the second kind. 

Because the Larmor frequency of protons in water is approximately 3.3- 
3.5 ppm higher than protons in fat, the transverse magnetization of protons in 
water will continually accumulate phase relative to those in fat. In RF spin- 
echo pulse sequences, the 1 80° refocusing pulse negates the phase accumulated 
from to TE/2, so that at the echo time TE fat and water are back in phase. In 
spoiled GRE and SSFP-FID, however, the phase accumulation from chemical 
shift is never negated. If a TE is selected so that the phase of the transverse 
magnetization of fat and water is opposed, signal cancellation will result. This 
process is explained in detail in Section 1 7.3 on Dixon's method and illustrated 
on Figure 14.10. Table 14.3 lists TE values at which fat and water are in- and 
out-of-phase for several field strengths, assuming a chemical shift of 3.4 ppm. 

The effect of the chemical shift artifact of the second kind is to outline fat- 
banded anatomical structures (such as the kidneys). Although this is considered 
an artifact, it can be useful. Figure 14.15 shows an example of a dual-echo GRE 
image with TE] = 2.2 ms, and TE2 = 4.5 ms, corresponding to fat and water 
out-of- and in-phase at 1.5 T, respectively. Because the information from the 
two echoes is complementary, dual-echo GRE pulse sequences have gained 
popularity, particularly for body imaging applications. 
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Table 14.3 
nate Echo Times TE (ms) a 



Field Strength, B (T) Fat-Water in Phase Fat-Water Out of Phase 

0.2 0,34.5,69.0,... 17.3,51.8,... 

0.5 0,13.8,27.6,... 6.9,20.7,34.5,... 

0.7 0, 9.9, 19.7, . . . 4.9, 14.8, 24.6, . . . 

1.0 0,6.9,13.8,20.7,... 3.5,10.4,17.3,... 

1.5 0,4.6,9.2,13.8,... 2.3,6.9,11.5,... 

3.0 0,2.3,4.6,6.9,... 1.2,3.5,5.8,... 



:r chemical shift of 3.4 ppm. 



Flow Effects For SSFP-echo and SSFP-FID, flow and motion can cause 
the precession of the transverse magnetization to experience inconsistent 
values of <p among the TR intervals, which can spoil the transverse steady 
state (Patz 1988). For this reason, spoiled GRE is generally preferred over 
SSFP-FID for time-of-flight angiography (Section 15.3). The signal obtained 
from flowing blood is usually the same as SSFP-FID, whereas the distract- 
ing signal from other fluids such as cerebrospinal fluid is attenuated. These 
properties are illustrated in the row of images obtained with 70° flip angle in 
Figure 14.4. 

In balanced SSFP, flowing blood can set up a steady state because the net 
gradient area in any TR interval is zero (Haacke et al. 1990; Zur et al. 1990). 
Balanced SSFP generally works well as a bright-blood technique and already 
has found an important application in cardiac imaging. The contrast is excellent 
because the myocardium reaches steady state and has a low signal (due to its 
low T2/T1 ratio), whereas in-flowing blood shows a strong transient signal. One 
problem with balanced SSFP is that sometimes an anomalous enhancement of 
in-flowing blood occurs. These bright flashes occur when magnetization that 
is outside the imaging slice flows in and is rephased, effectively increasing the 
slice thickness (Markl et al. 2003). 
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14.2 Inversion Recovery 

Many biological tissues have distinct T\ relaxation times. The differences 
in T\ values are exploited in MRI to produce images with T\ -weighted contrast. 
In a spin-echo pulse sequence, for example, T\ -weighted contrast is achieved 
with relatively short TR and TE (e.g., 500 and 10 ms, respectively). Because 
the longitudinal magnetization of the tissue with longer T\ has recovered less 
before the next RF excitation pulse is applied, it is hypointense in the image 
relative to the shorter T\ components, whose longitudinal magnetization has 
experienced a more complete recovery. 

Image contrast due to variations in T\ relaxation time can be manipulated 
using an alternative method. In this method, an inversion pulse (Section 3.2) 
flips the longitudinal magnetization from the +z axis to the — z axis (see 
Figure 3.5). Before applying the RF excitation pulse of the subsequent pulse 
sequence, a time delay is provided to allow the inverted magnetization to 
recover toward its equilibrium value (i.e., returning from the — z axis to the +z 
axis). Tissues with different T\ values recover at different rates, creating a T\ 
contrast among them. The RF excitation pulse then converts the differences 
in the longitudinal magnetization into differences in the transverse magneti- 
zation. This produces signals that form an image with T\ -weighted contrast, 
although additional contrast may also be introduced by the remainder of the 
pulse sequence. Pulse sequences with an inversion pulse followed by a time 
delay prior to an RF excitation are known as inversion recovery (IR) pulse 
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FIGURE 14.16 A generic IR pulse sequence consisting of an IR module and a host 
pulse sequence, separated by inversion time TI. 9[ m and ex are the flip angles of the 
RF inversion and excitation pulses, respectively. The optional spoiler gradient (dotted 
line) dephases any residual transverse magnetization produced by the inversion pulse. 
A selective inversion pulse is shown, but a nonselective pulse can also be used. The 
host sequence can be RF spin-echo, gradient echo, RARE, EPI, spiral, or others. 



sequences. The time delay between the inversion and the excitation pulses 
(Figure 14.16) is known as the inversion time (denoted by TI). 

An inversion recovery pulse sequence consists of two parts (Figure 14.16). 
The first part includes an inversion pulse, an optional spoiler gradient after 
the pulse, and the associated slice-selection gradient, if the inversion pulse is 
selective. After a waiting time TI, the second part of the sequence is played out, 
which is typically a self-contained pulse sequence such as an RF spin-echo, 
gradient echo, RARE, EPI, GRASE, or spiral. In this section, we collectively 
refer the first part as an inversion recovery module, or IR module, and the 
second part as a host pulse sequence, or simply host sequence. 

In many IR pulse sequences, one IR module is played for each host 
sequence. Under some circumstances, two or three IR modules are executed 
before a host sequence, such as in the case of a double or triple IR that is 
used for black-blood angiography (Section 15.1). Under other circumstances, 
a single IR module is followed by multiple host sequences, such as in spectral 
inversion at lipids (SPECIAL) (Foo et al. 1994) and magnetization-prepared 
rapid gradient echo (MP-RAGE) imaging (Mugler and Brookeman 1990). 
These IR variations are further discussed in subsection 14.2.4. 

Most IR pulse sequences require a relatively long TR (e.g., TR = 2-1 1 s) 
to preserve the contrast established by the IR module. Because of this, 
2D IR sequences are more frequently used than 3D and fast imaging tech- 
niques are usually used in the host sequence. Even with 2D IR imaging with 
a fast host sequence, the acquisition time can become prohibitively long. 
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Several strategies to improve the IR acquisition efficiency are discussed in 
subsection 14.2.2. 

Although IR images are commonly reconstructed as magnitude images, 
they can benefit from real reconstruction (Park et al. 1986; Xiang 1996) due 
to the increased dynamic range. The longitudinal magnetization immediately 
before the excitation pulse can be either positive or negative, depending on the 
TI/T) ratio. Thus, the useful magnetization in a real image ranges from — M 
to +M, instead of from to +M as in the case of a magnitude image. This 
implies that tissue contrast can be considerably increased in real images. Real 
IR images are also referred to as phase-sensitive inversion recovery (sometimes 
abbreviated PSIR) images, and the reconstruction process as phase-sensitive 
reconstruction. A few phase-sensitive reconstruction algorithms are discussed 
in subsection 14.2.3. 

Inversion recovery pulse sequences have many applications and are widely 
used in clinical practice. In addition to producing images with a broad range 
of T\ -weighted contrast, IR is also used to generate T\ maps. A preval- 
ent IR application is selective signal attenuation, such as lipid suppression, 
fluid attenuation, and blood-signal nulling in black-blood angiography (Sec- 
tion 15.1). These applications are discussed in Section 14.2.4. The basic 
principles underlying the IR applications are described next. 



14.2.1 Principles of IR 

To demonstrate the principles of IR and to analyze its signal behavior, 
consider the generic IR pulse sequence shown in Figure 14.16. A select- 
ive inversion pulse is assumed, but the following discussion also applies to 
nonselective inversion pulses. Prior to the inversion pulse, the magnetization 
vector is at its equilibrium position along the +z axis, that is,M = (0, 0, Mo). 
Immediately after the inversion pulse, the transverse (M±) and longitudinal 
(M z ) magnetization components are: 

M± = M sin<9 inv (14.28) 



M z = M cos8- mv (14.29) 

where 8 mv is the flip angle of the inversion pulse. By applying a spoiler gradient 
after the inversion pulse, M± is dephased while M z is not affected. During 
the time interval TI, the longitudinal magnetization experiences T\ relaxation 
according to the following Bloch equation (see Section 1.2) 

dt T\ 
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Using the initial condition given by Eq. (14.29) at ? = (defined in 
Figure 14.16), the time-dependent longitudinal magnetization is found to be: 

M z (t) = Mo [l - (1 - cos 6 im )e~' /Tl 1 (14.31) 

Equation (14.31) assumes that TR is infinitely long. With a finite TR, M z (t) 
depends on the details of the host sequence. For example, M z (t) in RF spin- 
echo (SE) (Dixon and Ekstran 1982) and RARE (Rydberg et al. 1995) pulse 
sequences is given by: 

[M [1 - (1 - cos6> inv k-'/ 7 ' + e" TR/:r| l (for SE) 

M z (t) = I 

[M [\ - (1 -cos9 mv )e-'/ T < + e -( TR - TE ia S .)/^i] (for RARE) 

(14.32) 

where TEi ast is the echo time of the last echo in the echo train, and recovery from 
the transverse magnetization to M z (t) through the T\ -relaxation mechanism 
(as described in Section 17.4) is neglected. If 0\ m = 180°, the magnetization 
experiences a complete inversion and Eq. (14.31) becomes: 

M z (t) = M (l - 2e-' /T ^ (14.33) 

If #inv = 90°, the magnetization is 'saturated' and its return to the equilibrium 
value is sometimes called saturation recovery (or SR), which is described by: 



M z {t) 



= M (l -e~' /r| ) (14.34) 



Examples of an IR and an SR curve are shown in Figure 14.17. 

Following an IR pulse, the longitudinal magnetization recovers along the 
z axis until being nutated by the excitation pulse (Figure 14.16). For TR » T\, 
the available magnetization at the time of excitation is: 

M Z (TI) = M (l - 2e- TI/r ') (14.35) 

The magnetization becomes zero (or nulled), when: 

IT, ln2 TR^oo 

r 1 [ln2-ln(l+e- TR / 7 "')] forSE (14.36) 

T { [In 2 - ln(l + e -(TR-TE last )/T, >] for RARE 

where the natural logarithm of 2 is approximately 0.693. The TI value that 
nulls the longitudinal magnetization is sometimes called the nulling time, or 
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FIGURE 14.17 Inversion recovery (IR; solid line) and saturation recovery (SR; dashed 
line) curves for a tissue with Ti of 600 ms. Longitudinal magnetization ranges from 
-Mo to +Mo in IR. The range is reduced to (0, +Mq) in SR. 

zero-crossing point. The selection of a proper nulling time to eliminate or 
attenuate tissues with a specific T\ is the basis of STIR, FLAIR, and black-blood 
angiography, as discussed in subsection 14.2.4 and Section 15.1. 

In IR, tissue contrast can be manipulated by varying TI. Consider two 
tissues with the same proton density (i.e., identical Mrjs) but different T\ values, 
T\ a and T\b. Assuming TR ;» T\ and TE <<C T2, the tissue contrast is: 

AM = M z , a - M z , b = M [(1 - cos6» inv ) (e~ Tl/T[b - e~ Tl/Tla \\ (14.37) 

The absolute value of AM reaches a maximum when: 
ln(7Vri*)_ 



TI = 



Ti a - Tb 



TlaTb 



(14.38) 



The contrast between the tissues also depends on the flip angle of the inversion 
pulse. It can be readily seen from Eq. (14.37) that IR (i.e., #j nv = 1 80°) provides 
twice the contrast compared to SR (i.e., mv = 90°). 

It is interesting to note that the excitation pulse in a T\ -weighted SE pulse 
sequence acts as an SR pulse. In that case, TI in Eqs. (14.37) and (14.38) 
is replaced by TR and the optimal image contrast becomes Mo(e~ TR / Tib — 
e -TR/T la j provided that TE «; T 2 and TE «; TR. Assuming optimal TI for 
the IR sequence (with TR » T\) and optimal TR for the SE sequence, the 
image contrast produced by IR doubles that of the SE sequence. 

The contrast provided by IR sequences, however, is not always 
fully realized with magnitude reconstruction. Assuming T\ a <T\b, 
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FIGURE 14.18 (a) Phase-sensitive reconstruction can increase tissue contrast com- 
pared to magnitude reconstruction when the longitudinal magnetization vectors point 
in opposite directions, (b) This advantage vanishes when both vectors point in the same 
direction. 



if ri fl ln2<TI< ri/, In 2, then for the infinite TR case M ZM has already 
recovered to the +z axis whereas M-j, remains along the — z axis. When 
M z< b — —M Zta , the two tissues become indistinguishable (i.e., zero contrast) 
on a magnitude image, despite the opposite polarity of M ZM and M z ^. If the 
sign of the signal is maintained, as in phase-sensitive reconstruction, the avail- 
able image contrast AM = 2M ZM is realized (Figure 14. 1 8a). In general, tissue 
contrast in phase-sensitive IR images is better than that of magnitude images if 
the longitudinal components of magnetization vectors of the two tissues point 
in opposite directions along the z axis (Figure 14.18). 



14.2.2 Inversion Recovery Acquisition Strategies 

IR modules can be added to ID, 2D, or 3D pulse sequences. ID IR 
sequences are rarely used, except for a few applications such as the meas- 
urement of inversion profiles. Because a relatively long TR is required in a 
majority of IR pulse sequences, the scan time of volumetric 3D IR can become 
prohibitively long, unless alternative strategies are used. 2D IR pulse sequences 
are more popular. Even with interleaved acquisition mode for 2D multislice 
imaging (Section 1 1 .5), the long scan time can be problematic, especially 
when a long TI is required, such as in the case of fluid signal nulling (Hajnal, 
De Coene et al. 1992). In this subsection, we describe several acquisition 
strategies for multislice 2D and 3D IR sequences, with a special attention to 
their efficiency. Unless stated otherwise, we assume that each IR module is 
followed by a single host sequence, as shown in Figure 14.16. 
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FIGURE 14.19 A timing diagram for a generic IR pulse sequence. A slice-selective 
IR module is assumed. The full host pulse sequence is not explicitly shown. 



2D IR Refer to Figure 14.19. Let us use T mVM to denote the interval 
from the beginning of an IR pulse (including the ascending ramp of the slice- 
selection gradient if the IR pulse is selective) to its isodelay point. T^ q ;„ is the 
duration of the IR RF and gradient waveforms (including the optional spoiler 
gradient), T exM is the time from the beginning of the excitation pulse (also 
including the ascending slice-selection gradient ramp if the pulse is selective) 
to its isodelay point, and 7h ost is the host sequence length starting from the 
excitation pulse. For simplicity, we assume that there are no other preparatory 
pulses (e.g., spatial saturation pulses or tagging pulses) played before or after 
the IR pulse. Thus, the total sequence length is: 



T xq = 71™.,, + TI + r hos , - T exM 

We define 7] r (Figure 14.19) as the duration of the IR module: 



(14.39) 



Equation (14.39) can be equivalently expressed as: 
^seq = 7i r + 7hos, 



(14.41) 



To avoid partial saturation and preserve the contrast established by the IR 
module, TR is usually much longer than r seq . In an interleaved 2D multislice 
acquisition, the maximal number of slices that can be accommodated by a TR 
is given by Eq. (1 1.34): 



A'slic 



(14.42) 
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Figure 14.20 Three IR acquisition schemes for 2D multislice imaging: (a) sequen- 
tial IR acquisition, (b) interleaved IR acquisition, (c) distributed (or optimal) IR 
acquisition. In all three cases, an interleaved 2D acquisition mode (see subsec- 
tion 11.5.2) is assumed. The shaded and the cross-hatched boxes represent the IR 
module with duration r seq i r and the host sequence with duration 7h 0S t, respectively. 
The solid line linking the two boxes denotes the idle time (7i<u e ,ir = T'w — Tseq.ir) 
between the IR module and the host sequence. 



These slices can be arranged in IR-module-host sequence pairs within a 
TR, as illustrated in Figure 14.20a, where an odd-even slice ordering has 
been assumed (Section 11.5). This acquisition scheme is sometimes called 
sequential IR acquisition (Park et al. 1 985). Note that the sequential IR acquisi- 
tion should be distinguished from the 2D sequential acquisition discussed in 
Section 1 1 .5, in which data from only a single slice location are acquired dur- 
ing each TR. In fact, the sequential IR acquisition shown in Figure 14.20a 
belongs to 2D interleaved acquisition defined in Section 1 1.5. 

When Tl is short (i.e., Tl % 7^, and T seq % r seq , ir + 7host), there is little 
idle time (7jdi e ,ir = Tir — Tseq.ir) in the sequential IR grouping. In this case, a 
large number of slice locations can be acquired within a TR and the sequential 
IR acquisition operates at or close to its maximal efficiency. For longer Tl (i.e., 
Tl » ^seq.irX however, considerable idle time is present, resulting in fewer 
slices per TR and reduced efficiency. 

To improve efficiency, interleaved IR acquisition is preferred when long 
Tl is required for an IR sequence. In this acquisition mode, the idle time for a 
given slice location is used to play out IR modules and/or host sequences for 
other slices, as shown in Figure 14.20b. During the first part of a TR, the scanner 
plays out a series of IR modules for N slices, whereas the host sequences for 
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these slices are executed during a later part of the same TR interval (Park 
et al. 1985). Any remaining time in a TR interval can be used to accommodate 
additional slices, as shown in Figure 14.20b. In this way, the number of slices 
that can be acquired per TR is increased, resulting in scan-time reduction by 
reducing the number of acquisitions for the desired slice coverage. 

Because 7h 0S t is almost always longer than T seq ^ r , the minimal separation 
between the IR modules is determined by 7h os t- Thus, the maximal number of 
slices that can be acquired in a TI interval is given by: 

fint[(TR-r ir )/r h0St ] ifTR<27i r 

slce [l+int[(7i r -r seq , ir )/7 host ] ifTR>27i r 

If TR < 27i r , the maximal number of slice locations that can be accommodated 
within a TR interval is also given by Eq. (14.43). If TR » 2T iT , however, more 
slices than predicted by Eq. (14.43) can be incorporated into a TR interval, as 
shown in Example 14.2 (also see Figure 14.20b). 

Example 14.2 A 2D RARE IR pulse sequence with the following para- 
meters is used to acquire 20 slices from the brain: TR = 10 s, TI = 2.2 s, 
r host = 110 ms, r seq ,i r = 72 ms, T mVM = 4 ms, T ex , a = 2 ms, NEX = 1, 
Aphase = 160, and echo train length (Af e ti) = 8. (a) What is the total scan time 
when sequential IR acquisition is used? (b) Recalculate the total scan time for 
interleaved IR acquisition, (c) If the total number of slices is increased to 40, 
what is the total scan time for interleaved IR acquisition? 

Answer 

(a) The inversion duration and the sequence length can be obtained from 
Eqs. (14.40) and (14.41), respectively: 

T ir = TI + r inv , a - T eXM = 2200 + 4 - 2 = 2202 ms 

Tkq = 7ir + 7host = 2202 + 1 10 = 2312 ms 

For sequential IR acquisition, the maximal number of slices for each 
TRis: 



Thus, five acquisitions are required to cover 20 slices. To sample 160 
phase-encoding steps with an N et \ of eight, 20 shots are needed. The 
scan time can be obtained from Eq. (16.40): 

r scan = TR x N shot x NEX x N acq = 10 x 20 x 1 x 5 = 1000 s 

= 16.7 min 
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(b) For interleaved IR acquisition, the number of slices that can be acquired 
in a TI interval can be calculated from Eq. (14.13) (TR > 2T; r ): 

Wsiice = 1 + int[(r ir - r seq , ir )/r host ] = 1 + int[(2202 - 72)/110] 

= 20 

Therefore, all 20 slices can be acquired in a single acquisition. The 
total scan time becomes 

r scan = TR x /V shot x NEX x N acq = 10 x 20 x 1 x 1 = 200 s 

= 3.3 min 

It can be seen that the interleaved acquisition reduces the scan time by 
a factor of 5 and makes it practical to use this sequence clinically. 

(c) Within a TR interval, acquisition of 20 slices using the interleaved IR 
method takes T ir +20 x r hos t = 2202+20 x 1 10 = 4402 ms. This leaves 
10,000 - 4402 = 5598 ms idle time, which can be used to acquire 
a second group of 20 slices (see Figure 14.20b). Thus, increasing the 
number of slices from 20 to 40 does not increase the total scan time. 

In interleaved IR acquisition, each inversion module and its associated 
host sequence for a given slice location are acquired during the same TR. Due 
to this constraint, idle time can still exist. For example, when 7h 0S t > Tseq.ir, 
gaps exist between the inversion modules for different slices (Figure 14.20b). 
In addition, an idle time is present at the end of the inversion train if 7j r > 
NsiiceThost- Otherwise, an idle time may exist at the end of the host-sequence 
train if 7h OSt < r seq i r . To further improve the efficiency by making use of the 
idle times, distributed IR acquisition (also known as optimized IR acquisition) 
has been developed (Oh et al. 1991). In this mode, the idle time is used to play 
out the inversion module or the host sequence for slices that may not be covered 
in the same TR. For example, the host sequence for a slice is played during 
the fifth TR, but its accompanying inversion module might be played during 
the fourth TR interval. (The inversion modules for the first few slices acquired 
during the first TR can be played in the preparatory dummy sequences that are 
used to drive the magnetization to a steady state.) Distributed IR acquisition can 
be thought of as a tightly packed, sequential IR acquisition with T„ = r seq i r , 
except that the IR module and the adjacent host sequence do not correspond to 
the same slice location (Figure 14.20c). Idle time is maximally used, resulting 
in optimal acquisition efficiency. A drawback of this approach is that TR, TI, 
and the number of slices are tightly coupled together, which compromises the 
flexibility of independently choosing TR and TI. An optimization technique 
has been developed to search for the proper TR and TI values and number of 
slices within certain constraints (Listerud et al. 1996). 
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3D IR Scan-time considerations often make it impractical to implement 
3D IR sequences without using a fast imaging technique. 3D RARE IR 
sequences have been reported, but the secondary phase-encoded direction is 
typically limited to a small number (e.g., 8-16) of encoding steps to reduce 
the scan time (Barker 1998). In order to increase the coverage and obtain 
thinner slices, 3D IR can be implemented in multislab mode, in which each 
slab is treated as a slice. The acquisition order of the multiple slabs can be 
arranged analogously to 2D multislice IR imaging. Any one of the schemes 
shown in Figure 14.20 can be used, depending in the TR, TI, and number of 
slices. Another approach is to play out multiple host sequences, collecting 
multiple k y — k z points following a single IR module to speed up acquisition, 
k-space data acquired by a series of host sequences, however, have different 
TIs. The desired TI time is typically reserved for the acquisition of the cent- 
ral k-space lines because the image contrast is predominantly determined by 
those lines. This approach is used in SPECIAL (Foo et al. 1994) and MP-RAGE 
(Mugler and Brookeman 1990). 



14.2.3 Phase-Sensitive IR 

As discussed previously, T\ contrast can be greatly enhanced if the sign 
of the longitudinal magnetization is preserved in an IR image by using real, or 
phase-sensitive, image reconstruction. Phase-sensitive image reconstruction 
entails much more than simply displaying the real part of a complex image. 
As soon as the longitudinal magnetization is nutated to the transverse plane 
by an excitation pulse, phase errors can begin to accumulate, obscuring the 
phase that would be used to determine the polarity of the longitudinal mag- 
netization immediately before excitation. Many factors contribute to the phase 
error. Examples include magnetic susceptibility variations, receiver resonance 
offset, phase associated with the By field, eddy currents, gradient group delays, 
mismatches of frequency-encoding gradient and data acquisition window tim- 
ing, motion, and flow. With the inclusion of the phase error, the 2D complex 
IR image intensity I(x, y) can be expressed by (Xiang 1996): 

/(*, y) = W*, y)P(x, y)e~ mx - y) (14.44) 

where I mag (x, y) is the magnitude image intensity, P(x, y) is abinary function 
(i.e., P(x,y) = 1 or —1) describing the polarity of the longitudinal magnet- 
ization immediately prior to the RF excitation pulse, and &(x,y) is the phase 
error, which in general is spatially dependent. Thus, the goal of phase-sensitive 
reconstruction is to recover I mag (x, y)P(x, y) from I(x,y). 
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One early approach (Bakker et al. 1984) to phase-sensitive reconstruction 
is to acquire a series of IR images (e.g., > 4) with varying TI values. The mag- 
nitude image intensity is plotted as a function of TI on a pixel-by-pixel basis, 
and a search is made for the zero-crossing point. After determining the zero- 
crossing point r nu n, the image intensity is negated if TI < TI nu n. This method 
is equivalent to using a T\ map to sort the signal polarity without invoking any 
phase calculations. The long data acquisition time for multiple IR images has 
limited the use of this method. 

In Eq. (14.44), the polarity function and the phase error are coupled. If the 
phase error $(x, y) is known, then it can be removed from Eq. (14.44) and a 
real image R(x, y) = I mag (x, y)P(x, y) is readily obtained. Along this line, 
two categories of techniques have been developed. 

In the first category of methods, a spatial phase map ${x, y) is produced 
by acquiring a separate data set. Although the phase map can be acquired 
using a large phantom covering at least the FOV of the image to be corrected, 
the phantom phase map does not contain the subject-dependent phase errors, 
such as those induced by magnetic susceptibility variations, motion, and flow. 
Because of this, a reference scan is typically performed on the imaged subject 
using a sequence similar to the actual IR sequence (Patk et al. 1986; Kellman 
et al. 2002). For example, the IR pulse sequence for actual data acquisition can 
be used for the reference scan by disabling the phase-encoding gradient and the 
inversion pulse (Patk et al. 1986), producing a single k-space line at k v = 0. 
Because the inversion pulse is disabled, the phase of the k-space line is not influ- 
enced by the polarity function P(x, y) but reflects the phase error term ft(x, y). 
This phase is then analyzed in the spatial domain using a linear model &(x) = 
a + fix and subtracted from the phase of the actual IR image. Another method 
is to acquire the reference scan data from the entire k-space without using the 
IR pulse or with a sufficiently long TI to ensure all spins have passed the nulling 
point. To minimize the spatial misregistration, the reference scan can be inter- 
leaved with the actual IR acquisition as described in Kellman et al. (2002). 
The spatial phase map §{x, y), obtained from the reference image, is subtrac- 
ted from the phase of the actual IR image on a pixel-by-pixel basis without 
assuming a specific spatial dependence. Phase mapping using reference scans 
typically increases the total scan time and reduces the acquisition efficiency. 

In the second category of methods, phase correction is performed from 
the image data without the need of a reference scan. Most phase-correction 
methods are based on the assumption that the phase error &(x,y) varies slowly 
in the image domain, whereas the polarity function P (x , y ) abruptly changes at 
tissue interface. This is generally a good assumption, except in areas with severe 
artifacts that cause the phase change between adjacent pixels to exceed n. 

In one phase-correction method (Borrello et al. 1990), a small kernel k 
containing a cluster of pixels (e.g., 5 x 5) is selected from the complex IR 
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FIGURE 14.21 A diagram showing phase slope calculations as described in Borrello 
et al. (1990). The cluster of dots shows the complex points within a kernel k. The 
solid lines represent the phase slope, (a) All complex points in the kernel have positive 
P(x, y). (b) All complex points in the kernel have negative P(x, >•)• (c) The complex 
points in the kernel have a mixture of positive and negative P(x, y). 



image I(x, y). The phase slope (i.e., the slope of a line linking a complex data 
point to the origin in the complex plane) is calculated for each pixel within 
the kernel: 



4>(x,y) = 



/ lml(x,y) \ 
\ReI(x,y)) 



(jtj)ek 



(14.45) 



In Eq. (14.45), a two-quadrant arctangent operation is used (Section 13.5) that 
gives —90° <<p< 90°. The average of the phase slope <p(x, y) can be obtained 
with a least-squares fit over k. Within the kernel k, there are three possibili- 
ties: all pixels have positive P(x, y) (Figure 14.21a), all pixels have negative 
P(x, y) (Figure 14.21b), and some pixels have positive P(x, y) while other 
pixels have negative P(x, y) (Figure 14.21c). Provided that the phase error 
within_the kernel is small, all three cases give approximately the same phase 
slope <p(x, y) (Figure 14.21) because a phase of 180° +<p(x, y) — for example, 
associated with negative P(x, y) — is wrapped back to 4>(x, y) by the two- 
quadrant arctangent operation. In doing so, the contribution from P(x, y) to 
Eq. (14.44) is eliminated, and a phase map <j>(x, y) is produced independent 
of the polarity function P(x, y). Following a phase-unwrapping process on 
4>(x,y) (Borrello et al. 1990), the unwrapped phase is compared with the 
original phase of I(x, y) on a pixel-by-pixel basis to determine whether the 
vector representation of the complex numbers are parallel or anti-parallel. 
This can be done, for example, by evaluating the sign of the inner product 
of the two vectors in the complex plane. With this method, an ambiguity 
still exists because parallel vectors represented by <j>(x, y) and I(x, y) can be 
associated with either positive or negative P(x, y). To solve this problem, a 
positive (or negative) value is first assigned to P(x, y) for parallel vectors, 
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and a negative (or positive) value to P(x, y) for anti-parallel vectors. After the 
operator reviews the image, the image polarity can be reversed, if necessary. 

The phase-correction methods discussed so far all require phase 
unwrapping, which is a rather error-prone process (Section 17.3). Any error 
in phase unwrapping results in erroneous assignment of P(x, y). This, along 
with the need for a reference scan or operator intervention, has greatly hindered 
the wide acceptance of phase-sensitive IR for routine clinical use. 

Recently, a method that avoids these problems has been introduced (Xiang 
1996). This method focuses on determining the simpler polarity function 
P (x , y ) instead of directly dealing with the more complicated phase error term 
${x, y). In this method, an orientation vector field is defined by combining 
the polarity function and the phase-error factor: 

0(x, y) = P(x, y)e- iHx ^ } (14.46) 

Equation (14.46) can be equivalently expressed in vector form (Section 1.2): 



[Re (/>(*, y)e- /!?( -<'- v >)l 
' [im (P(x, y)e- mx ->->)\ 



A seed pixel is selected from the image, and its orientation vector o\ is cal- 
culated from Eq. (14.47). The dot product of this vector with its four nearest 
neighbors j(j = 1, 2, 3, 4) is then evaluated: 

rjj = oi • o\j (14.48) 

When there is no phase error (i.e., the ideal case) or when $(x, y) is the same 
for both pixels, \r)j\ = 1 . With a variation of phase errors between pixels, 
1*7/1 < 1. As long as \r}j\ is larger than a predetermined threshold /? t hsh (e.g., 
%hsh = 0.96), however, the relative orientation of the vectors is assumed to 
be predominantly determined by P(x,y) rather than the phase error &(x,y), 
noise, or artifacts. In this case, if rjj > 0, then the orientation of the y'th 
neighbor is the same as the seed pixel. Otherwise, the orientation of the jth 
neighbor is opposite to that of the seed pixel. Once the relative orientations of 
the nearest neighbors are determined, they serve as the new seeds to probe their 
nearest neighbors. This region-growing algorithm proceeds as long as | rj s \ > 
*?thsh- If I*?; I < ??thsh> the pixel j is most likely to be in a region dominated by 
noise or severe artifacts and the region-growing algorithm stops. This process 
continues until all pixels in a connected region of the image are visited. In an 
image with multiple isolated regions (e.g., arms in an axial abdomen image, 
or cut-off due to low SNR or severe artifacts), multiple seeds can be selected, or 
a bridge filter can be used (Xiang 1996). Using this algorithm, either + 1 or — 1 
is assigned to the polarity function everywhere in the image except for regions 
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with noise and severe artifacts. The accurate determination of P{x , y) in these 
regions, however, is not meaningful or critical because the image is already 
degraded. Their P(x, y) values can be arbitrarily assigned +1 (or —1) to give 
a more natural appearance of the IR image. 

The absolute determination of P(x, y) = + 1 or P(x, y) = — 1 for a given 
pixel depends on the choice of P(x, y) of the initial seed. The polarity of the 
initial seed can be chosen so that the total magnetization in the tissue is non- 
negative (i.e., Y, x ,y Imagix, y)P(x, y) > 0). After P(x, y) is fully determined, 
the final real IR image can be reconstructed using: 

R{x,y) = l(x,y)0*{x,y) 

= I ma% {x,y)P(x,y) (14.49) 

where 0*(x, y) is the complex conjugate of the orientation vector after going 
through the region-growing algorithm that removes the contribution from the 
polarity function P{x,y) (Xiang 1996). Equation (14.49) essentially rotates 
the signal to the real axis on a pixel-by-pixel basis, so that the imaginary part 
is zero. It can be seen that this method cleverly avoids the error-prone phase- 
unwrapping process, does not rely on a reference scan, and requires virtually no 
operator intervention. An excellent reliability has been reported. An example 
of this method is shown in Figure 14.22. Further details on this technique can 
be found in Xiang (1996). 

14.2.4 IR Applications 

Contrast Manipulation By varying TI, TR, and TE, a range of image 
contrast can be produced by an IR pulse sequence. When a long TR (e.g., a few 
seconds) and a short TE (e.g., a few milliseconds) are used, the image contrast 
is primarily determined by TI/ T\ . The contrast behavior is very different in 
magnitude and real (or phase-sensitive IR) images. 

First let us consider magnitude IR images by focusing on the contrast 
between two tissues, tissue A with a short T\ and tissue B with a long T\ 
(assuming both tissues have the same equilibrium magnetization Mo). The 
signals from these two tissues are denoted by 5a and 5b, respectively. At a 
relative short TI (e.g., 1 00 ms for gray and white matter in the brain), 5 B experi- 
ences little recovery, whereas 5a recovers considerably. Assuming both 5a 
and 5b remain inverted (point a in Figure 14.23), tissue A will be hypointense 
relative to tissue B, giving an appearance resembling a 72-weighted image 
(i.e., bright gray matter and dark white matter). After the nulling point for 5 A , 
as long as 5a is not greater than the magnitude of 5b (point b in Figure 14.23), 
tissue A remains hypointense. At a specific time TI = 7j s0 , the amplitudes 
of 5 A and 5b become identical (point c in Figure 14.23), and the two tissues 
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FIGURE 14.22 A pair of IR images from a pediatric patient with hydrocephalus: 
(a) magnitude image, and (b) real image reconstructed using the method in Xiang 
(1996). With magnitude reconstruction, the contrast between the fluid and the 
brain stem is unremarkable. The contrast, however, is greatly increased in the 
real image. The phase-sensitive IR reconstruction algorithm works well even with 
multiple unconnected regions and pulsatile flow artifacts in the image. The arrow 
in (a) points to the dark line due to the cancellation of water and lipid signals. 
TR/TI/TE = 2000/600/30 ms. Field strength = 1.5 T. (Courtesy of Q-S. Xiang, 
Ph.D., University of British Columbia, Canada.) 
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FIGURE 14.23 Signal intensity in an IR image as a function of TI for tissue A (thick 
lines) and tissue B (thin lines) in magnitude image (dotted lines) and phase-sensitive IR 
image (solid lines). Image contrast at four points a, b, c, and d is discussed in the text. 
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appear isointense in the image. When TI is longer than 7j so (e.g., TI = 650 ms 
for gray and white matter in the brain), the amplitude of Sb becomes smaller 
than that of 5a (point d in Figure 14.23), and the contrast between the two 
tissues reverses. Tissue A now appears hyperintense to tissue B, giving the 
appearance of a typical T\ -weighted image. For specific values of TI (e.g., 
TI = r iso ) when the magnetization vectors from the two tissues are opposed, 
signal cancellation occurs, producing a dark line in the image at the tissue 
interface as pointed by the arrow in Figure 14.22a. 

Now consider the same example for phase-sensitive IR images. Assum- 
ing the equilibrium magnetization for both tissues A and B are the same, 
Sb is always smaller than S\ for the entire range of TI (i.e., < TI < oo) 
(Figure 14.23). Although the contrast varies with TI, there will never be a 
contrast reversal, as in the case of a magnitude IR image. Partially for this 
reason, phase-sensitive IR images are much less sensitive to TI than are their 
magnitude counterparts and the dark lines at the tissue interface are not seen 
in the image (although the partial volume effect still exists). 

T\ Mapping Inversion recovery pulse sequences are often employed to 
produce quantitative T\ maps. In this application, a series of IR images are 
acquired from the same location, each with a different TI while keeping all 
other parameters identical. To avoid signal saturation, a long TR time must be 
used. For example, a TR can be selected to satisfy TR > 4ri imax , where ri imax 
is the longest T\ value of interest. The pixel intensity from the series of images is 
plotted as a function of TI. For phase-sensitive IR images, a nonlinear fitting to 
Eq. (14.35) can be directly applied. For magnitude IR images, the zero-crossing 
point is first obtained and then the image intensities before the zero-crossing 
point are negated prior to fitting to Eq. (14.35). To avoid the step of negating 
the signals before the zero-crossing point, an SR pulse sequence can be used 
instead. The signals thus obtained are fitted to Eq. (14.34). For all these cases, 
a Levenberg-Marquardt nonlinear fitting method is typically used (Press et al. 
1992). 

T\ mapping using IR (or SR) with a conventional spin-echo pulse sequence 
requires a very long acquisition time. To shorten this time, fast imaging 
sequences, such as EPI, are frequently used. Alternative methods have also 
been developed with much shorter TR times, such as the one described in 
Henderson etal. (1999). 

Lipid Suppression— STIR An important clinical application of IR is to 
null the signal from lipids (Bydder and Young 1985; Bydder et al. 1985). 
A lipid signal appears bright in T\ -weighted and RARE T2 -weighted images 
(Section 16.4). Because many lesions also appear bright on postcontrast 
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T\ -weighted and RARE ^-weighted images, suppression of the confounding 
hyperintense lipid signals can increase the conspicuity of lesions embedded 
in fat, such as edema in bone marrow, multiple sclerosis plaques in the optic 
nerve, lymph nodes, and metastases in the vertebral bodies. 

The T\ relaxation time of lipid is approximately 230 ms at 1 .5 T, which 
is considerably shorter than most of the tissues in the human body (e.g., the 
white matter of the brain has a T\ of -600 ms at 1 .5 T). To null the lipid signal, 
an IR pulse is first applied to invert signals from both water and fat. If a TI is 
selected according to Eq. (14.36): 

TInuii = 7uip ids In 2 = 230 x 0.69 % 159 ms 

the lipid signal is nulled. This technique is called short TI inversion recovery, 
or short tau inversion recovery (STIR) (Bydder et al. 1985). In practice, TI nu n 
typically ranges from 150 to 170 ms to account for variability in host sequence 
timing parameters such as TR and TE. 

Example 14.3 Liver parenchyma has a T\ of ~500 ms at 1.5 T. In a STIR 
sequence with a TI of 160 ms, and TR » T\ , how much is the water signal in 
the liver attenuated? 

Answer According to Eq. (14.35), the water signal after a TI of 160 ms is 

M wate r = M (l - le' 11 ' 7 ^ = M (l - 2 e - 160/50 °) ~ -0.45M 

This represents ~55% loss of the signal compared to its maximal equilibrium 
value. 

As indicated in Example 14.3, considerable water signal is also lost in 
STIR, especially for tissues with short Jis. STIR substantially suppresses any 
tissue that has T\ similar to that of fat, such as subacute hemorrhage, making 
it difficult to distinguish fat in teratoma from blood in an ednometrioma. This 
is one of the primary drawbacks of the STIR technique. Another drawback 
of STIR is the relatively long acquisition time even with the interleaved IR 
acquisition scheme discussed in Section 14.2.2. Because of this, STIR is most 
commonly used in combination with a fast imaging sequence, such as RARE. 
In addition, due to the use of short TI, the image contrast in STIR is reversed 
from what is seen in T\ -weighted spin-echo images, unless phase-sensitive 
IR is used. If a long TE is also used with STIR, the contrast can be further 
enhanced, making some lesions even brighter. Although this can be an advant- 
age in 72-weighted imaging, STIR is usually not a good pulse sequence for 
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FIGURE 14.24 Lipid-suppressed pelvis images using (a) a spectrally selective pulse 
and (b) STIR. The Bo-field inhomogeneity on the left side of the patient renders lipid 
suppression with a spectrally selective pulse ineffective. This problem is avoided in 
the STIR image. A TI somewhat shorter than TI nu n was used. Hence, the lipid signal 
is not completely nulled. 



postcontrast T\ -weighted imaging because the water signal suffers more signal 
loss due to its T\ shortening. 

Despite these problems, STIR offers some advantages over other lipid- 
suppression techniques, such as spectrally selective lipid saturation, spatial- 
spectral pulses, and Dixon's method. STIR is based on the difference in T\ 
relaxation times between water and lipid, not their chemical shift. Therefore, as 
shown in Figure 14.24, it is insensitive to Bq field inhomogeneity. Also, STIR 
is quite effective for suppressing lipids at low magnetic field (e.g., < 1.0 T) 
in which the decreased chemical shift (in hertz) makes spectrally selective 
RF pulses difficult to use. When an adiabatic inversion pulse is employed, 
STIR also becomes insensitive to B\ -field variations. Compared to the Dixon 
technique (Section 17.3), STIR does not require phase correction and does 
not suffer from ambiguity in determining the relative signal polarity between 
water and fat. Due to these advantages, STIR remains a popular method for 
lipid suppression in clinical practice. 

In some fast gradient-echo sequences, lipid suppression is desired, but 
a short TR must be used. A variation of the STIR technique is to invert the 
lipid signals using a spectrally selective, but not spatially selective, pulse. 
This pulse inverts the lipid signal within the active volume of the transmitting 
coil. After a certain inversion time (e.g., ~60 ms at 1.5 T) so that the lipid 
magnetization is substantially attenuated, multiple excitation RF pulses with 
a very short TR (e.g., a few milliseconds) are applied to acquire a number of 
k-space lines (e.g., 64). To maximize lipid-suppression efficiency, the central 
k- space lines are typically acquired when TI % TI nu n. This technique, known 
as SPECIAL (Foo et al. 1994), is used in a number of fast 3D gradient-echo 
pulse sequences. 
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FIGURE 14.25 (a) Fast spin echo (FSE, or RARE) T 2 -weighted image, and (b) FSE 
FLAIR image, both from a patient with a glioma. The presence of a bright CSF signal 
makes it difficult to assess the edema surrounding the tumor mass. The conspicuity of 
edema and the tumor mass is improved in FLAIR. 



Fluid Attenuation — FLAIR Just as the hyperintense lipid signal reduces 
the conspicuity of some lesions, the hyperintense fluid (e.g., cerebrospinal 
fluid, CSF) signal in ^-weighted images causes problems in detecting lesions 
with long T2S. For example, vasogenic edema surrounding a brain tumor 
(Figure 14.25a) and multiple sclerosis plaques within periventricular white 
matter are difficult to visualize in ^-weighted images, primarily due to the 
hyperintense signals from the CSF. 

Similar to STIR, CSF signals can also be nulled using an IR pulse sequence 
because its T\ value is considerably longer than those of brain parenchyma as 
well as a majority of lesions. For example, at 1 .5 T, the T\ of CSF is ~4200 ms, 
whereas the T\ values of white and grey matters are only ~600 and ~950 ms, 
respectively. To null the fluid signal, a rather long TI value is required, as 
indicated by Eq. (14.36). If we use the typical T\ value for CSF at 1.5 T 
and assume an infinitely long TR, the theoretical TI time for nulling fluid is 
approximately 2900 ms. In practice, the actual TI is somewhat shorter, as 
shown in Example 14.4. The technique of using an IR pulse sequence to null 
or substantially reduced the fluid signals is called fluid-attenuated inversion 
recovery (FLAIR) (Hajnal, De Coene et al. 1992; Hajnal, Brynat et al. 1992). 
This technique has been widely used in neuroradiologic diagnosis. 



Example 14.4 A FLAIR sequence based on RARE is implemented at 1 .5 T 
with the following parameters: TR = 10s and TEi ast = 300 ms. Assume the T\ 
values of CSF, white and grey matter are 4200, 600, and 950 ms, respectively, 
(a) What TI should be used to null the CSF signal? (b) At this TI, what is 
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the magnetization for the white matter and gray matter as a percentage of their 
equilibrium values, respectively? 

Answer 

(a) According to Eq. (14.36), TI nu n is given by: 

TI null = 4200[ln2 - ln(l + ^-OOOOO-soo^oO)] = 2514 ms 

which is shorter than what is calculated based on TI = T\ In 2. In prac- 
tice, a somewhat smaller TI nu n is used (e.g., ~2200 ms) to optimize 
the contrast for specific lesion detections as well as to compensate for 
variability in host sequence timing parameter selection. 

(b) Using Eq. (14.32) with 0\ m = 180°, the percentage of the magnetiza- 
tion for white and gray matter are: 

WM = 1 - 2e~ T1/ri + e-CTR-TEtasO/r, 

_ j _ 2^-2514/600 , e -(10000-300)/600 _ q 97 

GM=l-2e- TI / r '+^ (TR - TE '- ) / r ' 

= 1 - 2e- 25]4/95 ° + g-noooo-300)/950 = 86 

With a long TI, magnetization of the brain parenchyma and most other 
tissues has already passed the zero-crossing points. This is quite different from 
the situation in STIR in which magnetization of most of the nonnulled tissues 
remains inverted. Even though the nonnulled tissues recover more completely 
in FLAIR than in STIR, some signal loss is inevitable, especially for tissues 
with long T\s, as shown by Example 14.4. The long TI in FLAIR can also 
allow CSF to flow from an adjacent region into the imaged slice. Because the 
inflow CSF signal has not experienced inversion, it will not be attenuated in 
the image. To offset this effect, the slice profile of the IR pulse is sometimes 
thicker than that of the selective pulses in the host sequence. 

The goal of FLAIR is to achieve ^-contrast among tissues other than 
CSF. Thus, a long TR (e.g., 10 s) and long TE (e.g., 120 ms) are typically 
used. TE values in FLAIR are usually longer than those typically used in 
RARE 72-weighted images to increase the contrast between lesions and nor- 
mal tissues. This, in conjunction with the incomplete magnetization recovery, 
as shown in Example 14.4, gives a rather low SNR in FLAIR images. The 
optimal selection of TR/TI/TE depends on specific applications. An example 
is analyzed in Rydberg et al. (1995). 

The extremely long TR can increase the total scan time considerably. In 
the initial implementation employing spin-echo as a host sequence, multiple 



14.2 Inversion Recovery 627 

spin-echo pulse sequences for different slice locations were used, following 
a single nonselective inversion pulse. Although the efficiency is improved, 
different slices have slightly different TIs, resulting in a varying degree in 
CSF suppression across the slices (Hajnal, De Coene et al. 1992). On clini- 
cal scanners, FLAIR is almost always implemented with a fast imaging pulse 
sequence, with RARE being most popular. To further increase efficiency, inter- 
leaved IR acquisition is usually implemented. More time-efficient distributed 
IR (Figure 14.20c) acquisition has also been used, such as the scheme used in 
optimized interleaved FLAIR (OIL FLAIR) (Listerud et al. 1996). 

Constrained by the total acquisition time, FLAIR is typically used as a 
2D sequence. It has been shown that 3D FLAIR can also be successfully 
implemented using techniques such as MP-RAGE (see below) (Epstein et al. 
1995) and multislab interleaved acquisition (Barker 1998). So far, the 3D 
sequences have not been used as extensively as the 2D counterparts. 

Although FLAIR is mainly used in 72-weighted imaging, it has also found 
application in suppressing CSF in T\ -weighted images, such as images of the 
spine. A T\ -weighted FLAIR image of the spine is shown in Figure 14.26. 

Magnetization Preparation in Fast Gradient-Echo Sequences IR pulse 
sequences based on spin echo, RARE, and EPI typically play an IR module for 




FIGURE 14.26 A T\ -weighted FLAIR image of the cervical spine. The key acquisi- 
tion parameters are TR = 2500 ms, TI = 860 ms,TE~ 15ms, FOV = 22 cm, slice 
thickness = 3 mm, and matrix = 320 x 224. 
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FIGURE 14.27 A generic magnetization prepared pulse sequence. A preparatory RF 
pulse (and its associated gradient, if any) is first applied (shaded vertical bar), followed 
by a series of excitation pulse sequences (hatched vertical bars) to acquire k-space 
data. After acquisition, a recovery time is provided for the magnetization. P, E, and 
R denote preparation, excitation, and recovery, respectively. 



each host sequence. For fast gradient echo sequences, however, the short TR 
makes it difficult to play an IR module before each excitation pulse. Instead, a 
number of host sequences are grouped together to share the same IR module 
(Haase 1990). This type of sequence consists of a magnetization preparation 
period, a time interval when the magnetization is excited and multiple lines 
of k-space are acquired, and a delay period for signal recovery. These three 
periods are denoted by P, E, and R, respectively, in Figure 14.27. One example 
of this type of sequences is SPECIAL, discussed earlier. Another example is 
3D MP-RAGE (Mugler and Brookeman 1990). 

For T\ -weighted imaging, 3D MP-RAGE starts with a nonselective pre- 
paratory pulse whose flip angle typically ranges from to 180°. (Technically, 
it is an inversion only if the flip angle exceeds 90°.) After a delay time TI, T\ 
contrast is introduced into the longitudinal magnetization. This T\ -prepared 
magnetization is excited and then read out by a series of fast gradient-echo 
sequences to sample multiple k-space lines. The maximum number of k-space 
lines depends on the temporal nature of the imaged object, the TR time, and the 
degradation rate of the prepared contrast. The sequence shown in Figure 14.27 
is repeated multiple times to fill the k-space required for 3D image recon- 
struction. It is not uncommon to sample all the secondary phase-encoded lines 
(i.e., all k z values) for one or more k y values following one magnetization 
preparation pulse. 

The T\ contrast in 3D MP-RAGE is determined by both the flip angle 
of the preparation pulse mv and the flip angle of the excitation pulse 9 ex . 
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The preparatory pulse can increase the contrast by more than 50% when # ex is 
small. Atlarger# ex , (e.g., 15-20°) the contrast enhancement begins to diminish 
(Mugler and Brookeman 1991). 



Multiple IR Inversion recovery is also employed in black-blood MR 
angiography. To null the signal from the moving blood, two IR pulses are 
applied. The first IR pulse is spatially nonselective. This pulse is immediately 
followed by a second slice-selective IR pulse so that the static tissues in the slice 
experience virtually no net magnetization perturbation, whereas the flowing 
blood from the adjacent regions to the slice remains inverted. After a specific 
TI delay (e.g., 830 ms), the blood magnetization is nulled. The details of this 
double IR (DIR) technique are described in Section 15.1. Sometimes, it is 
desirable to null multiple tissues with differing T\&. In this case, DIR or triple 
IR (TIR) can be used. Examples of TIR to null both blood and lipid signals 
are provided in Section 15.1. 
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14.3 Radiofrequency Spin Echo 

Radiofrequency spin echo or simply spin echo (SE) is a fundamental pulse 
sequence in MRI. As described in Section 3.3 and Hahn (1950), an RF SE is 
formed by an excitation pulse and one or more refocusing pulses. Usually 
the flip angles of the excitation and refocusing pulses are set to 90 and 180°, 
respectively. SE images are typically obtained in the 2D mode, so that the inter- 
leaved multislice acquisition strategy that is presented in Section 1 1 .5 can be 
used. The main advantage of an SE pulse sequence is its ability to obtain a spe- 
cific contrast weighting, either T\ -, T2-, or proton density-weighted (Hendrick 
1999), with the combinations of TR and TE values listed in Table 14.4. The TE 
and TR values listed in the table are approximate because the optimal values 
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Table 14.4 

Combinations of TE and TR Values Used to Generate Various Contrast 

Weightings in Spin Echo Imaging 

Short TE Long TE 

(< 20 ms) (> 80 ms) 

Short TR (<700 ms) T\ -weighted Not commonly used 

Long TR (>2000 ms) Proton density-weighted 72 -weighted 




FIGURE 14.28 An image from a T\ -weighted sagittal SE exam a 



depend on the type of tissues being imaged and the Bq field strength. An 
example of a T\ -weighted SE image is shown in Figure 14.28. Another advant- 
age of SE pulse sequences is robustness — they are less prone to blurring and 
ghosting than RARE and EPI. 

SE also offers greater immunity than gradient echoes (Section 14.1) 
to artifacts arising from off-resonance effects such as main magnetic field 
inhomogeneity and magnetic susceptibility variations. This is because the 1 80° 
RF pulse in SE pulse sequences refocuses off-resonance effects, resulting in 
fewer artifacts. Whereas gradient echoes are contrast weighted by the factor 
e _TE / 7 2 , SEs are weighted by the factor e~ TE ^ Tl . (A further discussion of 
Ti and T 2 * is provided in Section 14.1.) Because T2 > T£, RF SEs can use 
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longer echo delays, such as TE values greater than 80 ms to produce heavily 
^-weighted images without excessive signal loss due to T£, even in the pres- 
ence of moderate Bq inhomogeneity. Also unlike gradient echoes, SE images 
are not prone to the type of chemical shift artifact that causes signal loss in a 
voxel that contains both water and lipids, acquired with a TE at which water 
and lipids are out of phase (see Sections 14.1 and 17.3). SE images, however, 
are still subject to the spatial chemical shift artifacts in the slice-selection and 
readout directions, as described in Sections 8.3 and 11.1, respectively. 

SE images can be acquired with either a single-echo or a multiple-echo 
(Feinberg et al. 1985) pulse sequence, depending on the number of RF refocus- 
ing pulses that are applied in each TR interval. These options are described later 
in Section 14.3. Regardless of the number of echoes, data at only a single phase- 
encoding step are acquired in any TR interval. That is, k-space is filled one line 
at a time. This makes acquisition time for SE much longer than for echo-train 
pulse sequences such as RARE (Section 16.4). As described in Section 1 1.5, 
the acquisition time for a two-dimensional SE pulse sequence is given by: 

^scan = TR X ^ phase X NEX (14.50) 

The scan time calculated by Eq. (14.50) is the total for all the slices that are 
acquired in an interleaved fashion within a pass, but it can get quite long. For 
example, with 256 phase-encoding views, TR = 3000 ms, r scan is nearly 
13 min, even without signal averaging (NEX =1). These long acquisition 
times have led to the increased popularity of echo-train pulse sequences such 
as RARE, particularly to acquire ^-weighted images. Because their acquisi- 
tion time is long and their SNR is relatively high, SE pulse sequences are a good 
application for the parallel imaging techniques described in Section 13.3. For 
T\ -weighted imaging, the acquisition time of an SE sequence is considerably 
less due to the reduced TR. For example, for the image shown in Figure 14.28 
that has 192 phase-encoding views, 1 NEX, and a TR of 583 ms, the total 
acquisition time is only slightly over 2 min for 20 slices. Thus, SE pulse 
sequences are frequently used for T\ -weighted imaging. 

SE pulse sequences are not limited to Fourier encoding with rectilinear 
k-space sampling. Other k-space sampling strategies, such as projection 
acquisition (Zhou and Lauterbur 1992), also use SE pulse sequences. This 
section focuses on Fourier-encoded SE. 



14.3.1 Single-Echo SE 

Basic Pulse-Sequence Considerations A standard single-echo SE pulse 
sequence employs a 90° excitation and a single 180° refocusing pulse to form 
one RF SE per TR interval (per slice location). Ideally the slice profiles of 
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FIGURE 14.29 A single-echo RF SE pulse sequence. On the slice-selection wave- 
form, a crusher gradient pair straddles the refocusing pulse, and a spoiler gradient is 
played at the end of the waveform. The vertical arrow on the phase-encoding gradient 
indicates how the gradient changes for successive sequences to sample the k-space. 
(The details of these gradient waveforms are described in Sections 8.1, 8.2, 8.3, 10.2, 
and 10.5.) 



the excitation and refocusing pulses are closely matched to one another so 
that the slice gap can be minimized. Figure 14.29 shows a typical 2D SE 
pulse sequence diagram used for Fourier encoding. Usually both of the RF 
pulses are spatially selective, so the acquisition of multiple slice locations can 
be interleaved within a TR interval. The echo is both phase- and frequency- 
encoded, as detailed in Sections 8.1 and 8.2. There are many variants to the 
basic pulse sequence, some of which are described later in this section. 

In the absence of any imaging gradients, the temporal location of the peak 
of the echo is determined by when the RF pulses are played. In SE imaging 
pulse sequences, however, the gradient area on the frequency-encoding axis 
instead determines the temporal location of the peak of the echo. In single- 
echo SE, the peak of the echo occurs when the area under the readout gradient 
balances the area of the prephasing gradient lobe, as described in Section 8.1 
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FIGURE 14.30 Pulse sequence diagram illustrating that the peak of the echo forms 
at TE, when the gradient area on the frequency-encoding waveform balances. If A is 
nonzero, then the resulting signal has some T^-weighting. 



and further illustrated in Figure 14.30. To minimize T£ weighting of the signal, 
the timing represented in Figure 14.30 with TE = 2x (i.e., A = 0) is used. In 
this case, the time between the isodelay point of the excitation pulse and the 
peak of the echo (i.e., TE) is equal to twice the distance from either point to the 
center of the refocusing pulse (i.e., 2x). In other words, the gradient waveform 
on the frequency-encoding axis is designed so that the areas balance when the 
RF SE refocuses, in the absence of any imaging gradients. 

Sometimes A is nonzero due to system imperfections, such as eddy cur- 
rents, that can shift the point at which the total readout gradient areas before 
and after the refocusing pulse are equal. For some specialized applications such 
as GRASE (Section 16.2) and the Dixon method (Section 17.3), however, the 
pulse sequence is intentionally programmed to provide nonzero values of A. 



Example 14.5 Suppose that A = TE - 2r is nonzero. How is the standard 
contrast-weighting factor W = <?~ TE/r2 modified? Let r 2 ' be the contribution 
to the apparent T2 from B inhomogeneity (see Eq. 14.1). 
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Answer It is convenient to divide the problem into two cases: positive and 
negative A. For A > 0, T2 decay occurs over the entire echo delay, and the T 2 ' 
decay is refocused over the entire echo delay except A. Therefore: 

W A>0 = e -™/T2 e -*/Tl = e -ar+D/T 2e -*/Ti = £ -2r / T 2 g - A / T* (H5l) 

For A < 0, T2 decay also occurs during the entire echo delay, but T 2 ' is not 
refocused over the final | A|. Therefore: 

W A<0 = e -™/T2 e -\M/Ti = e -(2r-m,T 2e - W /Ti ( j 4 52) 

Single-Echo SE Pulse Sequence Variants There are many variations to 
the basic single-echo SE pulse sequence shown in Figure 14.29. As discussed in 
Section 8.3, the gradient areas of the slice-rephasing lobe and the left crusher 
are commonly combined. Also, as discussed in Sections 10.2 and 10.5, the 
crusher and spoiler gradients need not be played solely on the slice-selection 
axis. Each can be played on any one, two, or three of the logical gradient axes. 
If an end-of-sequence spoiler gradient is played on the frequency-encoding 
axis, that lobe is typically bridged with the readout. 

First-order gradient moment nulling (i.e., velocity compensation) is often 
applied to SE pulse sequences. Figure 14.31 shows a representative pulse 
sequence design; additional gradient lobes are added to the frequency-encoding 
and slice-selection waveforms. The gradient lobes on each waveform are 
designed so that the zeroth and first gradient moments are nulled at the echo 
peak. As discussed in Section 10.4, gradients played before the peak of 
the refocusing pulse are effectively negated. (More details and methods for 
calculating the gradient lobe areas are presented in Section 10.4.) 

Any SE pulse sequence can be augmented by adding modules to perform 
spatial saturation, chemically selective saturation, and magnetization transfer. 
Typically, the modules are played before the RF excitation pulse, but alterna- 
tively they can be played after the spoiler gradient pulse(s). The latter order 
is often preferred in conjunction with cardiac triggering in order to minimize 
the time between the detected R-wave and the excitation pulse, so that the true 
location of the heart is more accurately represented. 

Another common pulse sequence variant is to acquire partial echo k-space 
data. To avoid T 2 * weighting of the signal, the frequency-encoding waveform is 
designed so that the peak of the echo (not the center of the readout) occurs when 
the RF spin would have refocused in the absence of imaging gradients, that is, 
2r. This is accomplished by reducing the area under the readout prephasing 
gradient lobe, as illustrated in Figures 14.32 and 8.7b. Additional discussion 
on partial-echo acquisition can be found in Section 8. 1 . The resulting data can 
be reconstructed with the partial Fourier methods detailed in Section 13.4. 
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FIGURE 14.31 Example of a SE pulse sequence with first-order gradient moment 
nulling (i.e., flow compensation) on the slice-selection and frequency-encoding axes. 
Note the additional gradient lobes on those axes (arrow). 



A less commonly used variant is to play the phase-encoding lobe after 
the RF refocusing pulse. This reduces spatial misregistration for oblique 
flow. Often, however, flowing blood produces no signal in RF SE images 
(see Section 15.1), so spatial misregistration of oblique flow is usually not 
a severe problem. Playing the phase-encoding lobe after refocusing pulse 
has the drawback that the residual FID following the imperfect 1 80° pulse 
is now phase encoded, so the artifact that it produces is no longer confined to 
a few image lines that can be phase cycled to edge of the FOV and discarded 
(Section 11.5). 

If the transverse magnetization at the end of the pulse sequence is not 
negligible, playing a phase-rewinding gradient can help reduce artifacts. One 
situation in which this can occur is with the use of short TR (i.e., TR is not 
much longer than T2). Another situation arises with view reordering to reduce 
respiratory motion artifact (Section 12.3), in which the acquisition of a very 
strong signal (i.e., a view with a small phase -encoding value) can immedi- 
ately precede the acquisition of a very weak signal (i.e., a view with a large 
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FIGURE 14.32 Pulse sequence diagram for a partial-echo SE acquisition. Note the 
reduced area of the readout prephasing lobe (hollow arrow). 



phase-encoding value). When a rewinder is used, it can be advantageous to 
place the phase-encoding lobe after the refocusing pulse; otherwise the phase 
of the magnetization may not be fully rewound in areas where the refocusing 
flip angle is not ideal (e.g., in areas of B\ inhomogeneity or in the transition 
band of the refocusing pulse). 

Another interesting, but not widely used, variant of the SE pulse sequence 
is to play the slice-selection gradient for the RF refocusing pulse on the phase- 
encoding axis in order to limit aliasing (i.e., wraparound artifact). This method 
is called inner volume (Feinberg et al. 1985), zoom imaging, or local look 
(LoLo). The RF bandwidth and slice-selection gradient amplitude are chosen 
so that the passband of the slice profile matches the desired FOV in the phase- 
encoded direction. The major drawback of this method is the resulting pulse 
sequence is limited to single-slice acquisition. LoLo has found application in 
small-FOV imaging, such as that used for MR-guided biopsies (Buecker et al. 
1998). 
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FIGURE 14.33 The timing points A-E used to calculate the signal intensity ir 
acquisition. 



Signal Formula The signal for a single-echo SE acquisition can be readily 
derived (Perman et al. 1984) by considering the longitudinal magnetization at 
various points within the pulse sequence, as shown in Figure 14.33. In the 
derivation we assume that the transverse magnetization at the end of the pulse 
sequence (point E) is negligible, either because TR » T 2 or because of an 
applied spoiler gradient. We also assume that 6\ = 90° and 6 2 = 180°. The 
more general case of arbitrary flip angles is considered in Example 14.6. 

Let the equilibrium longitudinal magnetization be M , and let the lon- 
gitudinal magnetization at point A be M zA . Then at point B, neglecting T\ 
relaxation during the RF excitation pulse (or equivalently, assuming the pulse 
has negligible width): 



M z t 



= M Zj4 cos90° = 



(14.53) 



T\ relaxation occurs for a time TE/2 during the interval between the 
excitation and refocusing pulses, so according to the Bloch equations 
(Section 1.2): 



M z c = Mn(l — e 



-TE/2T, 



(14.54) 



Again, neglecting T\ relaxation during the refocusing pulse: 

M zD = M zC cos 180° = -M (l - e - TE/2Tl ) (14.55) 

Accounting for the T\ relaxation after the refocusing pulse: 

M zE = M zD e- (TR ~ TE / 2 >^ + Mod - e -( TR - TE / 2 )/ r ') 

= Mod - 2*- (TR - TE / 2 >/ r > + e" TR / r ') (14.56) 
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According to Section 3.3, the signal S at the spin echo is given by: 

M Z £-sin90°s; 

and substituting Eq. (14.56) yields 

S = Mod - 2e- (TR " TE / 2) / r > + e -™/T l)e -TE/T 2 (U57) 

Calculating the difference between two expressions of the form Eq. (14.57), 
each with appropriate values of Mq,T\, and T2, provides a formula for image 
contrast. 

Example 14.6 Generalize Eq. (14.57) to find the expression for the signal S 
when 0\ ^ 90° and 2 ^ 180°. Assume that a steady state for the longitudinal 
magnetization is reached, so that M z a — M z e, and use the notation £3 — 

g-TE/271 and £ 4 = e -(TR-TE/2)/r,_ 

Answer We obtain: 

M zB = M zA cos 0\ (14.58) 

M zC = M zA cos<9i£ 3 + M (l - £3) (14.59) 

M zD = cos 9 2 M zC (14.60) 

and 

M zE = M zD E 4 + Mod - £4) (14.61) 

Using the steady state condition M z a = M z e, after some algebra we find: 

A4 m 1 + ( c os6> 2 - 1)^4 - cos 2 E 3 E A 

M zE = Mo -— — ; (14.62) 

1 — COS0\ cos 02 £3 £4 

Finally we obtain: 

* m a ■ 2 fO2\(l+(co S 2 -l)e-™- TE / 2 »^-cos0 2 e~™/ T >) 

S = M sin 0\ sin z — =-r= 

\2/ 1 -cos^icos^^-™/ 7 ' 

x e' TE ' T ^ (14.63) 

If T\ <§C(TR — TE/2), then the signal in Eq. (14.63) is maximized by 
setting 0\ = 90° and 02 = 180°. Other values of the flip angles can be used 
with shorter TR to increase the signal or to maximize the contrast between a 
particular pair of tissue types. Sometimes a lower value of the flip angle of the 
refocusing pulse is used to reduce SAR, particularly at field strengths of 3.0 T 
and higher. 
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14.3.2 Multi-Echo Spin Echo 

The transverse magnetization that forms an RF SE can be repeatedly 
refocused into subsequent SEs by playing additional RF refocusing pulses. 
The series of echoes obtained with this process is called an echo train. Usually 
Carr-Purcell-Meiboom-Gill(CPMG) phase cycling (i.e., 90*, 180y, 180y, . . .; 
see Sections 1 1.5 and 16.4) is used to reduce signal loss in the presence of B\ 
inhomogeneity. We use here the notation that the series of RF spin echoes are 
refocused at times TEi, TE2, TE3, and so on. Each echo number fills its own 
independent k-space, which is reconstructed with its own 2D Fourier trans- 
form. Because of the phase-reversal effect of the refocusing pulses, the images 
from even-numbered echoes have to be flipped in the phase-encoded direction, 
unless each readout is straddled by its own phase-encoding and rewinder pair. 

Because the signal decays exponentially, the number of useful echoes in 
the echo train is limited by T2 decay. For long- 72 substances such as CSF, 
an echo-train length of 16 or more can be readily obtained, with the TE of 
the last echo in the train ~ 100-200 ms. Sometimes, however, we are most 
interested in only two of the echoes, an early and a late one. According to 
Table 14.4, the two resulting images will be proton density-and ^-weighted, 
respectively, provided a long TR is selected. To avoid the overhead associated 
with reconstruction, display, viewing, and archive of a larger number of images, 
sometimes only two echoes are acquired. This is called a two-echo, double- 
echo, or dual-echo acquisition. To achieve the desired proton density and T2 
contrast weighting, the second echo is usually delayed, TE2 > 2 x TEi. This 
is sometimes called a variable echo acquisition. Note that the CPMG condition 
(see Section 16.4) cannot be met for this type of acquisition. Figures 14.34 
and 14.35 show examples of dual-echo, variable echo acquisitions. 




FIGURE 14.34 A dual-echo SE acquisition showing an oblique axial section of 
the brain of a healthy volunteer at 3.0 T. (a) Proton density-weighted (TE/TR = 
17/2200 ms). (b) r 2 -weighted (TE/TR = 80/2200 ms). 
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FIGURE 14.35 Sagittal dual-echo SE images of a knee at 1.5 T showing a tear 
of the posterior horn of the medial meniscus (arrow), (a) Proton density-weighted 
(TE/TR = 20/2000 ms). (b) T 2 -weighted (TE/TR = 60/2000 ms). (Courtesy of 
Kimberly K. Amrami, M.D., Mayo Clinic College of Medicine.) 



Even if two images are produced from echoes with the same TE value, 
their appearance can differ depending on the number of preceding refocusing 
pulses. This is because signal loss due to molecular diffusion, field inhomo- 
geneity, and J coupling is reduced as the spacing between the refocusing 
pulses is decreased (Carr and Purcell 1954). The net result of using a dual 
echo instead of a long echo train to acquire 72 -weighted images is usually an 
attenuated lipid signal (due to the J coupling — see Section 16.4) and slightly 
increased r 2 * weighting. Both of these differences are usually well accepted 
clinically. 



Dual Echo and Variable Echo Figure 14.36 shows a dual-echo pulse 
sequence. Note that the crusher amplitudes associated with the first and second 
refocusing pulses are intentionally unequal. This is to avoid refocusing a 
stimulated echo (see Section 10.2) in the second readout window. This might 
be surprising, considering that the stimulated echo amplitude is proportional 
to sin ^i sin 02 sin #3 = sin 90° sin 2 180° = 0. When the crusher amplitudes 
are equal, however, at least a weak stimulated artifact is almost always seen 
because there are regions of its profile where the flip angle of the refocusing 
pulse is not exactly 180°. 

The appearance of the stimulated echo artifact on the image is schema- 
tically depicted in Figure 14.37a. The stimulated echo can be thought of as 
arising from transverse magnetization that is rotated onto the z axis by the first 
180° pulse and then rotated back into the transverse plane by the second 180° 
pulse (effectively experiencing a 90^-90- v -90_ v pulse sequence). The phase 
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FIGURE 14.36 Pulse sequence for a dual-echo SE, variable echo acquisition. The 
second RF SE peaks at an echo time TE2. Data from the second echo are independently 
reconstructed to form their own image. In order to avoid stimulated echo artifacts on 
the second echo, the amplitude of the second set of crushers (hollow arrow) must differ 
from that of the first set of crushers. 



accumulated by stimulated echo magnetization from the phase-encoding gradi- 
ent is negated relative to the phase accumulated by SE magnetization. The 
stimulated echo artifact is therefore the mirror-image reflection (in the phase- 
encoded direction) of the desired SE image. The stimulated echo artifact 
should not be confused with similar-looking artifacts arising from patient 
motion, system vibration or instability (Figure 14.37b), or quadrature imbal- 
ance (Figure 14.37c). (Quadrature imbalance means that the real part of the 
raw data is not demodulated exactly 90° out of phase relative to the imaginary 
part. With most modern receiver designs, the quadrature imbalance artifact has 
been eliminated because only a single digitizer per receiver channel is used. 
See Section 11.1.) 

As in the single-echo case, to avoid T 2 * weighting, the gradient area on the 
frequency-encoding axis is designed to balance where the second SE would 
form, in the absence of any imaging gradients. Using Figure 14.36, we can 



14.3 Radiofrequency Spin Echo 






FIGURE 14.37 (a) Schematic representation of a stimulated echo artifact, not to be 
confused with (b) artifacts arising from motion or system instability, or (c) artifacts 
due to imbalance in the quadrature detection. 

readily show that TE2 is equal to twice the spacing between the peaks of the 
two refocusing pulses. Using that relationship, Eq. (14.57) can be generalized 
to the variable-echo case. Assuming that the flip angles of the RF pulses are 
90°, 180°, and 180°, the result for the signal intensity of the two echoes is: 

5, =M (l-2e- (TR - <TE ' +TE ^ 2) / r ' 

+ 2<? -(TR-TE|/2)/r, _ ( ,-TR/T l \ e -TE l /T 2 

(14.64) 

S 2 = M (l-2 e - (TR - (TE ' +TE ^ 2 >/ r ' 

+ 2 e - (TR - TE l/ 2) / 7 'l - ^-TR/ 7-i x-XE 2 / r 2 



Dual-Echo SE Pulse Sequence Variants Frequently dual-echo pulse 
sequences use gradient moment nulling. The even-echo refocusing effect that 
is discussed in Section 10.4 automatically provides some flow compensation 
on the second echo, but it cannot be relied on for exact moment nulling. 
Instead, gradient lobes typically are added on the frequency-encoding and 
slice-selection waveforms to null the gradient first moment. To obtain shorter 
values of TE] and to minimize 7Vweighting in the proton density-weighted 
echo, sometimes only the second echo is moment nulled. 

Because of T2 decay, the second echo has lower signal than the first. 
Also, for variable-echo pulse sequences with TE2>2xTEj, the second 
echo has more time between the refocusing pulse and the readout gradient 
lobe. These two factors make dual-echo variable-echo an ideal application 
to reduce the receiver bandwidth Av for the second echo. This procedure 
is called matched bandwidth, optimized bandwidth, or variable bandwidth 
(Enzmann and Augustyn 1989). Reducing Av for the second echo implies that 
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FIGURE 14.38 Pulse sequence for dual-echo acquisition with variable bandwidth. 
The bandwidth of the second echo is reduced, as reflected by the prolonged readout 
window. 



its readout window has a longer duration. To preserve the FOV, the readout 
gradient amplitude is proportionately reduced (Figure 14.38). Because the 
gradient amplitude is reduced, the T 2 * during the readout of the second echo 
is longer and the echo envelope is dilated. Because the SNR is proportional 
to 1 />/Av, variable bandwidth compensates for some of the SNR lost on the 
second echo from Ti decay. The main drawback of variable bandwidth is the 
spatial chemical shift artifact in the frequency-encoded direction increases on 
the second echo because it is inversely proportional to A v. For this reason, a 
lipid-suppression method for the second echo can be quite useful. 

A pulse sequence module that performs chemically selective saturation 
can be added to nearly any pulse sequence, including dual-echo SE. At least 
partial suppression of the lipid signal, however, can be achieved in SE without 
chemical saturation, using a gradient reversal method (Gomori et al. 1988). 
This method is sometimes called classic. The pulse sequence modification used 
to suppress the lipid signal on the second echo is illustrated in Figure 14.39. 
(Gradient reversal fat suppression also can be used for the first echo if desired.) 
The polarity of the slice-selection gradient for the second refocusing pulse is 
reversed. To preserve the same slice location, the sign of the carrier frequency 
offset 8/ must also be negated. The net effect of these two actions is to reverse 
the direction of the spatial chemical shift in the slice-selection direction. If 
the carrier frequency is set to the Larmor frequency of water, then the water 
slice is unaffected, but the lipid slice is shifted (Figure 14.39b shows this 
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FIGURE 14.39 (a) Pulse sequence and schematic representation of second-echo lipid 
suppression. The gradient polarity of the slice-selection gradient for the second refo- 
cusing pulse is reversed (hollow arrow), (b) The box with solid lines represents the 
water slice, and the box with dashed lines represents the lipid slice. The second echo has 
reduced lipid signal intensity because the intersection of the slice profiles from the first 
and second refocusing pulses (arrow) decreases the lipid slice thickness for that echo. 



effect, with the amount of shift exaggerated for purposes of illustration.) The 
second echo has reduced lipid signal because only the central portion of the 
slice experiences both refocusing pulses. The second echo images shown in 
Figures 14.34 and 14.35 use this type of lipid suppression. 



T2 Mapping Although not widely used in MRI, more than two echoes can 
be acquired per TR interval in an SE pulse sequence. A common application 
of acquiring longer echo trains is T2 mapping. The goal of T2 mapping is to 
provide a calculated image in which each pixel value quantitatively represents 
the average T2 of the tissue within that voxel. Convenient units such as tenths 
of milliseconds can be used on the calculated image. 

In principle, T2 mapping is very simple. Acquire a long (e.g., 16) echo train 
of SEs and fit the signal intensity measured in each pixel to calculate T2. In prac- 
tice there are several systematic errors that can make T2 mapping challenging 
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(Breger et al. 1989). First, if the CPMG condition (see Section 16.4) is not 
met, then the signal decays more rapidly than e~ TB/Tl . In addition to using 
CPMG phase cycling, sometimes a single-slice acquisition with hard RF refo- 
cusing pulses can be used to minimize systematic errors from variations in 
the flip angle across the slice profile. Second, contributions from the stimu- 
lated echoes can also introduce the unwanted T\ -weighting variations into the 
echo-train signals. This can make it difficult to perform curve fitting based on 
a monoexponential decay model. Third, if magnitude reconstruction is used, 
then the noise floor has a nonzero, positive mean, which incorrectly increases 
the measured T2 values, especially for short T2 tissues. To overcome this 
problem, a nonlinear fit to S(TE) = N + Ae~~ TE/T2 can be used, where S is 
the measured signal, and N, A, and T2 are fitting parameters. (If the tissue 
of interest has multiple T2 components, then a fitting function of the form 
S(TE) = N + Ae~ TE/T2A + Be~ TE/T2B + ■■■ can be used instead.) Nonlinear 
fitting is more computationally intensive than simply taking the natural loga- 
rithm of the measured signals and then using linear regression to extract T2. 
The result of the linear regression can be used as a starting guess for the T2 
parameter for the nonlinear fit. Details about nonlinear fitting algorithms are 
in Press etal. (1992). 
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15.1 Black Blood Angiography 

Some MR angiography methods produce images with suppressed (i.e., 
hypointense) blood signal. They are commonly referred to as dark or black 
blood angiographic methods, in distinction to the bright blood methods that 
are described in subsection 15.3. The terms bright blood and black blood refer 
to the pixel intensity and not to the image display. For example, vessels appear 
brighter than the background on a black blood angiogram if an inverse video 
display is used. 

We discuss several mechanisms that can attenuate or eliminate the signal 
intensity from blood to make a black blood angiogram. First, spatial saturation 
(Section 5.3) can be added to virtually any pulse sequence. Second, any pulse 
sequence that uses at least one 180° RF refocusing pulse (e.g., RF spin echo 
or RARE) attenuates the signal of rapidly flowing blood by the mechanism 
illustrated in Figure 15.1. If the blood moves out of the imaging slice during 
the time between the RF excitation and refocusing pulses, then it does not 
experience both pulses and cannot form an RF spin echo (Bradley 1988). Third, 
IR magnetization preparation methods can be used, with the inversion time TI 
adjusted to null the signal from blood. Finally, the intrinsic T 2 * shortening 
of deoxygenated blood can be used to produce high-spatial-resolution black 
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FIGURE 15.1 Signal loss from rapidly flowing blood in RF spin echo or RARE. 
(a) Stationary tissue experiences both a 90° RF excitation pulse and a 180° RF refo- 
cusing pulse so that its magnetization forms a spin echo, (b) Blood flows out of the 
imaging slice during the time interval between application of the two pulses so that no 
signal is obtained. 



blood MR venograms, as in a method called susceptibility weighted imaging 
(SWI), described later in this section. 

The main goal of black blood methods is to attenuate the signal of blood 
(ideally to zero) while preserving the signal from the surrounding stationary 
tissue. Frequently, two or more of the mechanisms are employed in the same 
pulse sequence. For example, RARE methods are often used in conjunction 
with IR magnetization preparation. The combination reduces the signal from 
very slowly flowing blood (e.g., a velocity of 2 cm/s). If a stack of contiguous 
black blood images is obtained, as in Alexander et al. (1998), then they can be 
postprocessed with a minimum intensity projection, which is analogous to the 
maximum intensity projection (Section 15.3), except only the minimum pixel 
values are retained. 

One advantage of black blood methods is that intravoxel dephasing due to 
complex flow only further reduces the signal from blood, which in this case is 
helpful. Because regions of complex flow are often observed downstream from 
a stenosis, bright blood time-of-flight angiography can show signal voids that 
are a sensitive indicator of disease. Black blood angiography can then be used 
to improve specificity by providing a better depiction of the stenosis (Edelman 
et al. 1990). In recent years, however, contrast-enhanced MR angiography 
(CEMRA) (Section 15.3) has mainly supplanted black blood angiography in 
performing this role. Even though CEMRA is a bright blood method, it uses 
a short TE, and its signal enhancement is predominantly due to T\ shortening 
caused by the contrast agent, so it is not vary prone to signal loss in regions 
of complex flow. Black blood angiography is still widely used, however, and 
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has become an important tool for cardiac imaging and for studying the vessel 
wall. Another advantage of black blood methods is that pulsatile flow does not 
produce ghosting on the image because the signal from blood is eliminated or 
substantially attenuated. 



15.1.1 Black Blood Pulse Sequence Methods 

RARE and Conventional RF Spin Echo RARE and conventional RF spin 
echo can be relatively effective black blood angiographic methods, especially 
when spatial saturation pulses are added. The main signal loss mechanism 
is outflow of blood from the imaging slice in between the 90° excitation 
pulse and the 180° refocusing pulse(s) (Figure 15.1). The suppression of the 
blood signal becomes more effective as the echo time increases, and typic- 
ally values in the range of TE = 40—100 ms are used. Consider a single-echo 
RF SE pulse sequence, in which the time between the 90° and 180° pulses 
is TE/2. There is complete outflow of the excited blood from the imaging 
slice (of thickness Az) if the velocity component perpendicular to the slice 
exceeds: 

For example, for a single-echo 7j -weighted image acquired with TE = 80 ms 
and a 4-mm slice thickness, good suppression of the blood signal is expected 
if the component of velocity perpendicular to the slice exceeds 10 cm/s. This 
condition is met in the major arteries in healthy human subjects. 

The second echo image from a dual-echo RF spin echo (Section 14.3) can 
also be used for black blood angiography. The time gap between the two 1 80° 
refocusing pulses is TE2/2, where TE2 is the echo time for the second echo. 
Therefore the total time elapsed between the 90° and second 180° pulses is 
(TEi + TE2V2, and signal loss is expected when the perpendicular velocity 
component exceeds: 



TE!+TE 2 

which is an easier criterion to meet than Eq. (15.1). 

Example 15.1 Suppose a dual-echo 72-weighted image is acquired with 
3-mm-thick slices and TEi =30 ms and TE2 = 80 ms. If the axis of a vessel 
makes a 20° angle with the normal to the imaging plane, estimate the minimal 
blood velocity required to suppress the blood signal on the second echo. 
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Answer From Eq. (15.2) the minimal perpendicular component of the 
velocity that produces black blood signal on the second echo is approximately: 



TE,+TE 2 (30 + 80)xlO" 3 

The minimal flow velocity in the vessel is v — vj_/ cos# = 5.5/ cos 20° = 
5.8 cm/s. 

RARE or fast spin echo acquisition can also provide black blood angiograms 
and is a preferred method because of its improved acquisition efficiency. To 
find the analog of Eqs. (15.1) and (15.2), recall that the center of k-space is 
acquired at an effective echo time TE e ff (Section 16.4). The time between the 
excitation pulse and the refocusing pulse played just before the acquisition of 
that view is TE e ff - ?esp/2, where r es p is the echo spacing. Therefore signal loss 
from blood is expected when the perpendicular velocity component exceeds: 

(15.3) 



TE eff - ?esp/2 



Figure 15.2 shows an example of a 72-weighted RARE image of an aneurysm, 
along with the corresponding bright blood time-of-flight image. 

One advantage of using RARE or conventional RF spin echo methods is 
that the black blood angiograms are obtained for "free," provided the images are 
acquired anyway for their anatomical information. The main drawback of these 




FIGURE 15.2 Basilar tip aneurysm (arrow) imaged in the axial plane, (a) Source 
image from a bright blood 3DTOF acquisition, (b) Corresponding image from a black 
blood acquisition, obtained with a RARE pulse sequence and a spatial saturation pulse 
placed inferior to the slice location. (Courtesy of John Huston, III, M.D., Mayo Clinic 
College of Medicine.) 
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methods is the incomplete suppression of blood signal for very slow or recir- 
culating flow. Because an important application of black blood angiography is 
vessel-wall imaging and the flow speed tends to be lowest near the vessel wall, 
further refinements to black blood methods have been developed. This has led 
to an increased popularity of the IR black blood methods that are described next. 

Inversion Recovery Black Blood Methods 

Single Inversion Recovery Another method to suppress signal from 
blood is to apply an RF pulse to invert its longitudinal magnetization and 
then to image after a delay time TI, which is chosen so the inverted longitudi- 
nal magnetization recovers to approximately zero (Mayo et al. 1989). This is 
analogous to the short TI inversion recovery (STIR, Section 14.2) method used 
to make fat-suppressed images and to the fluid-attenuated inversion recovery 
(FLAIR, Section 14.2) method used to suppress signals from the CSF. One 
difference is that the inversion time for black blood methods is longer than 
that used for STIR but shorter than for FLAIR, because the T\ of blood is 
approximately five times that of lipids (approximately 1 200 ms vs. 230 ms at 
1 .5 T) and three to four times shorter than that of CSF. Methods that use only 
a single inversion pulse are not widely used, however, because the signal from 
nonflowing tissues that have T\ values close to that of blood is also suppressed 
(see Example 14.3), which is undesirable. For example, the blood-myocardium 
contrast in the heart can be low when a single inversion pulse is used. 

Double Inversion Recovery The unwanted suppression of myocardium 
and other tissue with single inversion recovery can be substantially reduced 
with the use of double inversion recovery (DIR). As its name implies, DIR uses 
two inversion pulses (Edelman et al. 1991). The first is a nonselective 180° 
RF pulse that inverts all of the magnetization within the active volume of the 
transmit coil; the second RF pulse, which immediately follows, is a selective 
1 80° inversion pulse that is applied only to the imaging slice. The second pulse 
restores the magnetization to its original state within the imaging slice, while 
outside the imaging slice the longitudinal magnetization remains inverted. 

The DIR magnetization preparation produces a black blood signal because 
the inverted magnetization flows into the imaging slice. TI is chosen so that the 
longitudinal magnetization of blood outside the slice recovers from its initial 
negative value to zero (Figure 15.3). At or near that time, the RF excitation 
pulse of the host sequence (i.e., the part of the imaging pulse sequence played 
after the inversion time, as defined in Section 14.2) is applied. A commonly 
used host sequence is RARE (fast spin echo), with one DIR module applied 
for each echo train (Simonetti et al. 1996; Fayad et al. 2000). Another option 
is to use a segmented k-space gradient echo (Edelman et al. 1991; Liu et al. 
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FIGURE 15.3 Magnetization preparation module for DIR. A selective inversion pulse 
immediately follows a nonselective inversion pulse. Just after the two inversion pulses, 
the tissue within the imaging slice experiences no net effect, but outside the imaging 
slice the magnetization is inverted. Blood flows into the imaging slice, but produces no 
signal because the inversion time TI is selected to null its signal. Adiabatic RF pulses 
can be used instead of the nonadiabatic pulses shown in this diagram. 



1993; Sinha and Sinha 1996) to acquire multiple k-space views with each DIR 
module, similar to the procedure used in MP-RAGE (Section 14.2). 

DIR relies on the inflow of blood into the imaging slice, whereas the non- 
inversion black blood methods such as RF spin echo rely on outflow. Naturally, 
inflow occurs at the same rate as outflow, and we could equally well say that 
DIR relies on the outflow of the noninverted blood from the imaging slice. Des- 
pite this similarity, DIR is more effective at suppressing slowly flowing blood 
because TI in DIR is much longer than TE (or TE e ff ) in the spin-echo-based 
methods. Thus, there is more time for the outflow of slowly moving blood to 
occur. For DIR, the minimum velocity component in Eq. ( 1 5. 1 ) is replaced by: 



Az 



(15.4) 



A rough estimate of the inversion tim 
1.5 T is: 



; TI required to null the blood signal a 



TI % Ti. wood x ln(2) % 830 ms (15.5) 

which is much longer than TE (typically 40-100 ms). Equation (15.5) 
represents an upper limit for the inversion time TI that is valid only 
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when TR is greater than approximately 3 x T\ (Dixon and Ekstrand 1982; 
Fleckenstein et al. 1991). When partial-saturation effects are accounted for, a 
more accurate representation of the inversion time that nulls the signal from 
the blood in an RF spin echo pulse (with TE <c TR) sequence is: 

TI - T '^ xln ( 1+g -TR/r, blood ) ( 15 " 6 > 

(See Section 14.2 for a more complete discussion and similar formulas for 
other pulse sequences, such as RARE.) Still, TI values of at least 500-600 ms 
are typically used, so DIR is an effective method to suppress very slow flow. 

The nonselective 180° RF inversion pulse in a DIR magnetization prepara- 
tion module could be either a hard pulse (Section 2.1) or else an adiabatic 
inversion pulse (Section 6.2), if the B\ homogeniety is a concern. The selective 
inversion pulse might be either an SLR inversion pulse (Section 2.3), or a slice- 
selective adiabatic pulse, such as a hyperbolic secant. The slice thickness of the 
second inversion pulse can be slightly greater than the thickness of the imaging 
slice to account for an imperfect slice profile and prevent signal loss. Often 
spoiler gradients (not shown on Figure 15.3) are applied after the selective 
inversion pulse to dephase any residual transverse magnetization. 

The basic DIR pulse sequence has the drawback that it is limited to single 
slice-location acquisitions. In order to improve the acquisition efficiency of the 
method, several variations have been proposed. One method is to play multiple 
selective 180° inversion pulses during the DIR module, each corresponding 
to a different slice location. In addition, the slice locations can be interleaved 
to further increase the acquisition efficiency (Song et al. 2002; Parker et al. 
2002). A different strategy (Yarnykh and Yuan 2003) is to use a single selective 
inversion pulse, but to increase its width so that it covers multiple (e.g., five) 
slice locations. This method gains acquisition efficiency at the expense of loss 
of suppression of very slow flow because the slice thickness Az in Eq. (15.4) 
increases. 

Triple Inversion Recovery The DIR method can be extended to sup- 
press a second tissue type, which is usually chosen to be the lipids. This is 
accomplished by adding one more selective 1 80° RF pulse to the magnetization 
preparation module (Simonetti et al. 1996), forming a triple inversion recovery 
(TIR). Figure 15.4 shows a comparison of DIR and TIR images. In the TIR 
image, both blood and lipid signals are suppressed, whereas only blood is 
suppressed in the DIR image. 

A TIR magnetization preparation module has two inversion times: TI a 
is adjusted to suppress blood that flows into the slice, whereas TI^, is adjus- 
ted to suppress fat, just like in a standard STIR pulse sequence. Because 
^l, blood > T't.fat. tne second inversion time TI& is shorter than the first. It is 
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FIGURE 1 5.4 (a) DIR and (b) TIR short-axis images of the heart of a healthy volunteer. 
Both images display good suppression of blood signal, but fat is also suppressed on 
the TIR image. A single slice location is acquired during each 17-s breath-hold, and 
cardiac triggering is used. (Courtesy of Kiaran McGee, Ph.D., Mayo Clinic College of 
Medicine.) 



usually true that by the time the second selective inversion pulse is played 
(point B in Figure 15.5), the inverted blood has flowed into the imaging 
slice. Therefore the inversion times TI a and T\ b are selected assuming that 
the magnetization of blood has already crossed zero and is slightly positive 
at point B, because it will be re-inverted, and has time Tib to further recover. 
The following simplified example illustrates some of the principles involved 
in selecting the two inversion times (also see Simonetti et al. 1996). 

Example 15.2 If the Ti of blood and fat are 1200 and 230 ms at 1.5 T, 
respectively, find the values of TI a and TI& that null both blood and fat. Refer- 
ring to Figure 15.5, assume the longitudinal magnetization of fat has fully 
recovered at point B. Also assume that the longitudinal magnetization of blood 
completely recovers each TR interval (i.e., TR » T^biood)- 

Answer Because we assume that the longitudinal magnetization of fat has 
completely recovered to its equilibrium value at point B, the second inversion 
time TIfc satisfies the equation: 



(l-2e~ T ^ T ^)-- 



(15.7) 
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FIGURE 15.5 Magnetization preparation module for TIR. A second selective 180° 
pulse is added to null the signal from fat. The inversion times Tl„ and TU are selected 
so that the longitudinal magnetization of both blood and fat are zero at point C. 



TIi = ri.fatln(2) = 159 ms 



To ensure that the longitudinal magnetization of blood is also zero at point C, 
the solution to the Bloch equations gives: 



= M z , B +e- TlhlT ' M °° i + M (l 



(15.9) 



where Mo is the equilibrium longitudinal magnetization of blood, and M Zi # + is 
the longitudinal magnetization of blood just after the second selective inversion 
pulse. Substituting Eq. (15.8) into (15.9), we find M Z , B+ = -0.1421M . That 
means that the longitudinal magnetization of the blood flowing into the slice 
must have recovered to M Zi #_ — +0. 1421 Mo just before the inversion pulse. 
The T\ relaxation of the magnetization of blood during the interval between 
points A and B yields: 

0.1421M = A# (l - 2e- (TIa - TIfc)/;riblood ) (15.10) 

From Eq. (15.10), we obtain TI a = 1 175 ms. Because TI a - TI^ = 1016 ms, 
or approximately 4.4 times the T\ of fat, the assumption that the longitudi- 
nal magnetization of fat has recovered completely at point B is valid in this 
example. Note that the value of TI a used for TIR is generally higher than 
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the value of TI used in DIR because the longitudinal magnetization of blood 
recovers to a positive value at point B. When shorter values of TR are accounted 
for, for example, using Eq. (15.6), both TI and TI a are also reduced. 



Cardiac Triggering Strategy Because DIR and TIR are commonly used 
for cardiac and vessel-wall imaging, cardiac triggering is frequently used. 
A popular cardiac triggering strategy (Simonetti et al. 1996; Fayad et al. 
2000) is depicted in Figure 15.6. Because the inversion time is relatively long 
(~500 ms), the inversion module and the host sequence usually will not fit 
into a single R-R interval, unless the patient's heart rate is very slow. Instead, 
the trigger window is open only for every other R-wave, so that the TR time is 
equal to twice the R-R interval. The inversion module (DIR or TIR) is played 
immediately after the trigger is detected. After waiting the necessary inversion 
time(s), the imaging sequence such as RARE or multiple views of a fast gradi- 
ent echo sequence are played. In some cardiac applications, it is advantageous 
to restrict the playing of the imaging sequence to diastole, which is feasible at 
the cost of acquisition efficiency. 



SWI Black blood MR venograms can be obtained by exploiting gradient- 
echo signal loss from the shortened T* of deoxyhemogloblin. A 3D volume 
is acquired with a spoiled gradient-echo pulse sequence. The images are 7 2 * 




FIGURE 1 5.6 An acquisition scheme for DIR or TIR with cardiac triggering. Imme- 
diately after the detection of the R-wave, the inversion module is played (DIR is shown 
here). To allow sufficient time for TI and the host sequence, the next QRS complex 
(dotted line) is skipped, resulting in a TR that is twice the R-R interval. 
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FIGURE 15.7 Axial SWI minimum intensity projection over 13 of the 48 contiguous 
2-mm-thick slice locations, demonstrating the connectivity of the veins. The in-plane 
spatial resolution is 0.5 x 1 mm 2 , and the TE, TR, and flip angle are 15 ms, 33 ms, and 
12°, respectively. (Courtesy of E. Mark Haacke Ph.D. and Yingbiao Xu, M.S., Wayne 
State University, Detroit, Michigan.) 



weighted because an echo delay of TE = 15-80 ms is used. Both magnitude 
and phase images are reconstructed from the same raw k-space data. The 
phase images are high-pass filtered to remove any slowly varying background 
phase that is not due to local susceptibility changes. Because the phase images 
are more sensitive to susceptibility variations than the magnitude images, 
they are used to calculate a mask image at each slice location, the details 
of which are described in Reichenbach et al. (1997). The mask images are 
then applied to the corresponding magnitude images to further accentuate the 
veins. Because the resulting images form a contiguous volume, they can be 
postprocessed with a minimum intensity projection. SWI has found applica- 
tions in tumor evaluation and trauma imaging, as described in Tong et al. 
(2003). Figure 15.7 shows an example of a minimum intensity projection of a 
set of SWI images. 
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15.2 Phase Contrast 

Phase contrast (PC) (Moran 1982; Bryant et al. 1984; Moran et al. 1985) 
is a method that images moving magnetization by applying flow-encoding 
gradients. Although the primary use of PC is to image flow within blood 
vessels, it can also be used for a variety of other applications, such as to image 
the flow of CSF (Naidich et al. 1993) or to track motion (Drangova et al. 
1998). In PC acquisitions, the flow-encoding gradient translates the velocity 
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of the magnetization into the phase of the image. Typically a bipolar gradient 
(Section 9.2) is used, because it produces a phase that is linearly proportional 
to velocity. In other words, the flow-encoding gradient used in standard PC 
acquisitions is a velocity-encoding gradient. 

The axis of the bipolar gradient determines the direction of flow sensitivity. 
Bipolar gradients can be added to any of the three logical gradient axes (slice- 
selection, frequency-encoding, or phase-encoding), as shown in Figure 15.8. 
Normally the bipolar gradient is applied to only one axis at a time, but by 
simultaneously applying them along two or more of the logical axes, flow 
sensitivity along any arbitrary axis can be achieved. PC pulse sequences are 
usually formed by adding the flow-encoding gradient lobes to a gradient-echo 
pulse sequence (usually without RF spoiling). Even faster PC pulse sequences 
can be obtained by adding flow-encoding gradients to EPI (Debatin et al. 1995) 
or spiral (Nayak et al. 2000), but to date these have been less widely used. 

MR images in general, and gradient echo images in particular, contain 
other contributions to their phase (e.g., from fi inhomogeneity). For this 



FIGURE 15.8 A typical PC pulse sequence. Toggling of the bipolar gradient (dotted 
lines) varies the gradient first moment m \ of the waveforms and introduces flow sensiti- 
vity along that axis. Typically a bipolar gradient is added to only one of the three logical 
axes at a time. 
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FIGURE 15.9 Axial images of the head of a healthy volunteer, (a) Magnitude recon- 
struction of the data showing the internal carotid arteries (IC A), jugular veins (JV), and 
basilar artery (BA). (b) Phase image acquired with the first setting of the bipolar gradient 
providing flow sensitivity in the superior-to-inferior direction, (c) Phase image with the 
toggled bipolar gradient. Note that phase errors in (b) and (c) obscure flow information, 
(d) Phase difference image reconstructed from (b) and (c). Inferior-to-superior flow 
such as that in the basilar artery is hypointense (black), (e) Magnitude-masked phase 
difference image obtained from (a) and (d). (f ) Complex difference reconstruction. 



reason, PC acquires two complete sets of image data with all the imaging 
parameters held fixed, except for the first moment of the bipolar gradient. 
Sometimes this is called toggling the bipolar gradient. The phases or the com- 
plex values of the two resulting images are subtracted on a pixel-by-pixel basis. 
The subtraction process accentuates flow while suppressing unwanted phase 
variation and the stationary tissue background, as illustrated in Figure 15.9. 
Two different subtraction methods are in common use: the phase difference and 
complex difference methods. The complex difference method is more robust 
against partial volume effects; it performs well even when a voxel contains an 
admixture of both stationary and moving magnetization. The phase difference 
method, on the other hand, is used to depict the direction of the flow and to 
quantify volume flow rate through a vessel, for example, in units of milliliters 
per minute. PC reconstructed with the phase difference reconstruction is also 
sometimes called velocity mapping or phase- velocity mapping. 
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Several building blocks of PC acquisition and reconstruction are discussed 
in other sections of this book, such as flow-encoding gradients (Section 9.2) 
and phase difference reconstruction (Section 13.5). In addition to describing 
how those pieces work together, this section also introduces other acquisition 
and reconstruction modes, including complex difference reconstruction and 
methods to produce PC images that are sensitive to flow in all three directions. 



15.2. 1 Phase Contrast Acquisition and Reconstruction 

Bipolar Gradient and VENC The change in the gradient first moment 
Ami between the two toggles of the bipolar gradient determines the amount 
of velocity encoding. Therefore, PC requires the operator to prescribe an 
additional parameter called the aliasing velocity (VENC), which is defined 
in Section 9.2. The parameter VENC is positive and is inversely related to the 
change in gradient first moment between the two toggles according to: 

VENC = -Z — (15.11) 

|yAmi| 

VENC has units of speed and is usually quoted in centimeters per second. 
The smaller the value of VENC, the greater is the sensitivity of the acquisi- 
tion to slow flow. The principles of VENC selection are further discussed in 
subsection 15.2.2. 

Even after the operator selects the value of VENC, there is still consider- 
able latitude in the gradient waveform design. As discussed in Section 9.2, the 
bipolar gradient can be combined with the other lobes in the imaging wave- 
form to reduce minimum TR and minimum TE. This combination is commonly 
performed for the frequency-encoding and slice-selection waveforms but not 
for phase encoding (see Figure 15.8). (For 3D PC pulse sequences, the sec- 
ondary phase-encoding, bipolar, slab-selection, and slab rephasing gradients 
can be combined into a total of three lobes.) Also, according to Eq. (15.1 1), 
VENC determines the change in the gradient first moment between the two 
toggles, but not the values of m i on the individual waveforms. If we denote 
a velocity-compensated waveform by m \ = 0, then two possible designs for 
the gradient waveform toggles are one-sided (i.e., m\ — 0, m\ = —Am) and 
two-sided (i.e., m\ = Am\/2, m\ = -Ami/2), which are described further 
in Section 9.2 and again later in this section. 

Regardless of the velocity-encoding strategy used, the toggling of the 
bipolar gradient is usually the innermost loop of the acquisition, as shown in 
Figure 15.10. Keeping the acquisitions for the two settings of the bipolar gradi- 
ent closely spaced in time minimizes misregistration artifacts due to patient 
motion when the resulting data are subtracted. 
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FIGURE 15.10 Looping orders that can be used to acquire PC data in two and three 
dimensions. The flow encoding (i.e., toggling the bipolar gradient) is the innermost 
loop to minimize the misregistration artifacts due to patient motion. The slice loop for 
2D acquisition is not explicitly shown because it depends on whether we use sequential 
or interleaved mode (see Figure 11.18). 



Example 15.3 

(a) Consider the bipolar gradient consisting of two trapezoidal lobes (each 
with gradient area A) that is played as part of the phase-encoding 
waveform, as shown in Figure 15.8. Express the width w (including the 
duration of the ramps) of each trapezoidal lobe in the bipolar gradient 
in terms of VENC, the total width A of the phase-encoding lobe that 
separates them, the maximum gradient amplitude h, and rise time r. 
Use the relationship from Section 7.1 that for trapezoidal lobes w = 
(A/h)+r. 

(b) If the two lobes in the bipolar gradient are placed next to one another 
(instead of separated by the phase-encoding lobe), explain why the 
width of each lobe must be increased if VENC is held fixed. By how 
much does the width of each lobe increase if VENC = 10 cm/s, h — 
30 mT/m, r = 0.200 ms, and A = 1.15 ms? 

Answer 

(a) From Section 9.2, the first moment of each bipolar pair is equal to the 
product of the area under one of the lobes and the lobe separation. In 
this case, mj = A(w + A). The change in first moment as the bipolar 
lobe is toggled is: 



Ami 



; 2m i 



--2A(w 



hA) = 



(15.12) 
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Substituting A = h(w-r) into Eq. (15. 12) yields a quadratic equation 
for the lobe width w. The physically meaningful solution is: 



-A + J(r + A) 2 + 2jr/(yhVENC ) 



2 

(b) Bringing the two bipolar lobes closer together decreases their moment 
arm and consequently increases the gradient area necessary to produce 
a given first moment. We can use Eq. (15.13) with A — to calculate 
what the width of each lobe would be if they were adjacent: 



1(2, ur S 



y (2 x 10 s) + (3Q ^ io _ 3 T/m)(42 5? MHz/T)(0 .i m/s) J 



Similarly, from Eq. (15.13), w\ A = lA5 ms = 1.078 ms. So separating 
the lobes saves nearly one-half of a millisecond on the duration of 
each lobe. Finally, we note that if VENC is sufficiently high so that 
w < 2r, then Eq. (15. 13) is no longervalid because triangular lobesare 
more time-efficient than trapezoids in achieving the desired gradient 
area. In this particular example, the transition occurs when VENC > 
63.15 cm/s. 



Phase-Difference Reconstruction Phase-difference reconstruction is per- 
formed in the image domain, as detailed in Section 13.5. PC images 
reconstructed with phase difference have two main applications: determin- 
ing the flow direction and quantifying flow velocity and volume flow rate. The 
phase difference (in radians) of a pixel is given by: 

A^yAm I v=^ (15.14) 

where v is the flow velocity. Because the dynamic range of phase-difference 
reconstruction is limited to ±n (i.e., ±180°), we can only reliably determine 
the flow direction when |i>[ < VENC, unless the phase is unwrapped with 
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a postprocessing algorithm (see Sections 13.5 and 17.3). As long as VENC 
is sufficiently high, then we can extract the quantitative velocity from the 
measured phase difference by rearranging Eq. (15.14): 



■(?) 



VENC - VENC < v < VENC (15.15) 



The sign of the phase difference tracks the sign of v, so we also can determine 
the flow direction from the sign of A</>. 

If | v | > VENC then it is said that velocity aliasing, flow-related aliasing, 
or flow aliasing occurs. Flow aliasing always results in the speed of the mag- 
netization being incorrectly represented in the image as a lower value. On 
signed images reconstructed with phase-difference processing, flow aliasing 
also results in the incorrect representation of the direction of flow when: 

1<| — - — I < 2, 3 < I — - — 1<4, ... (15.16) 

I VENC I I VENC I 

as indicated on Figure 15. 1 1 . Therefore, if the primary goal of the exam is to 
determine flow direction, VENC should be chosen to be larger than the fastest 
speed expected in the vessel. 

Sometimes, in order to suppress the background noise in air, phase 
difference images are magnitude-masked during image reconstruction (see 
Section 13.5). This is accomplished by multiplying (on a pixel-by-pixel basis) 
the phase difference A</> by a magnitude image M reconstructed from the same 
raw data. For example, M can be obtained by averaging the two magnitude 
images obtained from the two k-space data sets used to make the phase- 
difference image. This is the preferred method for two-sided encoding because 




FIGURE 15.1 1 Plots showing the normalized phase-difference A</>/tt (dotted lines) 
and normalized complex-difference CD/(2M) signal, as calculated with Eqs. (15.14) 
and (15.25), respectively. 
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averaging improves the SNR of the magnitude mask. For one-sided encoding, 
however, the preferred magnitude mask is usually reconstructed solely from 
the velocity-compensated acquisition because it is expected to have the fewest 
flow artifacts. In addition to suppressing the noise background in air, magnitude 
masking can also increase the vessel conspicuity, especially if the magnitude 
image displays flow-related enhancement. Figures 15.9a, d, and e illustrate 
this point. 

The SNR for phase-difference (as well as magnitude-masked phase- 
difference and complex-difference) images can be calculated, as detailed in 
Conturo and Smith (1990) and Bernstein and Ikezaki (1991). A representative 
result is that the SNR for a PC image using phase -difference reconstruction is: 

SNR A0 oc SNR mag (~^) \v\ < VENC (15.17) 

where SNR mag is the SNR that would be obtained if the k-space data (from 
either toggle of the bipolar gradient) were used to reconstruct a standard 
magnitude image. 



Flow Quantification The extraction of velocity and flow information 
with the postprocessing of PC images is called flow analysis, flow quantitation, 
or flow quantification. The flow velocity (in centimeters per second) can be 
obtained by using Eq. (15.15). If the voxel contains a distribution of velocity 
values, the measured value of v is not necessarily equal to the average velocity 
because the trigonometric functions used to calculate the phase difference (e.g., 
arctangent) are nonlinear. If the spread in velocities is small enough so that 
trigonometric functions can be well approximated by a linear function over 
that range, then the measured value of v will be close to the average velocity 
component within the voxel along the direction of the flow-encoding gradient. 
This is illustrated by the trigonometric identity: 

tan(x) + tan(Ax) 



1 - tan U) tan (Ax) 



For Ax «; 1 , the denominator is approximately equal to unity, and 
tan(x + Ax) ~ tan(x) + tan(Ax). In that case, the tangent function (and 
hence the arctangent function) is linear. An exception is when flow aliasing 
occurs, in which case even a small change in velocity produces an abrupt 
change in the phase difference. 

The volume flow rates through a pixel Q p ] xe \ (in milliliters per minute) are 
given by the product of the pixel area a (in square centimeters) and the average 
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velocity (in centimeters per second): 



Gpixel = 60a v 



(15.19) 



where the factor of 60 converts values from per second to per minute. To 
find the volume flow rate through an entire vessel, a region of interest (ROI) 
is placed over the vessel in the image, either manually or semiautomatically 
with the aid of a computer algorithm. The volume flow rate through all the 
individual pixels that cover the vessel is summed. Because all the pixels have 
the same area, a is a constant in the summation, and: 



J2 60a; v 



-60a £ t 



(15.20) 



The acquisition used for flow quantification is usually thin-slice (e.g., Az = 
3 mm) PC with the scan plane oriented so that it cuts the vessel in cross section. 
The bipolar gradient is played on the slice-selection axis, that is, along the 
direction of the flow in the vessel. Fortunately the method works reasonably 
well even if the scan plane is not precisely perpendicular to the flow. As 
illustrated in Figure 15.12, the velocity component along the slice direction 
becomes vcos/J, while, for small values of ft, the number of pixels in the 
intersection of the vessel and scan plane is increased by a factor 1/cos /S. To 
a first-order approximation, the product of perpendicular velocity component 
and total cross-sectional area used in Eq. (15.20) is independent of fi. The 
maximal acceptable value ft increases as the slice thickness decreases, but 
values as high as 30° are usually tolerable. 




FIGURE 15.12 To a first-order approximation, the quantification of the volume flow 
rate does not require the vessel to be precisely perpendicular to the imaging slice 
because the decrease in the velocity component is compensated for by an increase in 
the area of intersection. 
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It is often useful to obtain a time-resolved depiction of the flow (Nayler 
et al. 1986; Pelc, Herfkens et al. 1991), especially for quantifying pulsatile 
flow in arteries. In this case, PC is acquired with the retrospective ECG gating 
or prospective ECG triggering modes described in Section 11.5. Often seg- 
mented k-space acquisition and view sharing reconstruction (Section 13.6) are 
used to reduce the scan time and increase the number of reconstructed cardiac 
phases. If the heart rate is known, the total volume flow per cardiac cycle in 
milliliters can be calculated from the product of the time-averaged volume flow 
rate in milliliters per minutes and the R-R interval (expressed in minutes). In 
many cases an examination obtained without cardiac triggering can provide a 
good estimate of the average flow rate. Although the standard time-resolved 
acquisitions are 2D, 3D volume PC acquisitions have also been demonstrated 
(Markl, Chan et al. 2003). 

Although in principle underlying flow quantification is relatively simple, 
it can be challenging in practice because there are several potential systematic 
errors. Flow quantification results that are within 10% of the true value are 
generally considered good. A few of the major systematic errors are mentioned 
here, and Wolf et al. (1993), Tang et al. (1993), and Pelc et al. (1994) contain 
more complete discussions. 

The exact determination of the vessel boundary can be difficult because of 
partial volume effects for pixels that overlap the edge of the vessel. It is helpful 
to use a magnitude image reconstructed from the PC k-space data to help define 
the ROI boundary because the vessel wall is sometimes better delineated than 
on the corresponding phase-difference image. The volume flow rate for those 
edge pixels also tends to be systematically overestimated because the area a 
used in the calculation represents the entire pixel, but in reality only a fraction 
of the pixel contains flow. Using high spatial resolution can reduce this error. 
In this context, high spatial resolution means that approximately 16 or more 
isotropic pixels cover the vessel lumen. Lower flip angles (e.g., 30° instead 
of 60°) can also help because the use of higher flip angles suppresses station- 
ary tissue, as in 2D time-of-flight angiography. When the stationary tissue is 
suppressed, the measured phase difference for the entire voxel is determined 
predominantly by flowing blood, even when it occupies only a small fraction 
of the voxel. The partial volume error tends to cause an overestimation of flow 
in that voxel. 

Although partial volume often dominates, several other effects contrib- 
ute to the errors in flow quantification. The concomitant field contributes an 
error to the phase, but fortunately this can be corrected for exactly during 
the phase-difference reconstruction, as described in Section 13.5. Generally 
more troublesome are phase errors from residual eddy currents that remain 
even after the waveform preemphasis techniques described in Section 10.3 are 
applied. Eddy currents depend on the specific hardware, so they cannot be 
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easily predicted. Unlike phase errors from Bq inhomogeneity, the phase error 
from eddy currents generally does not subtract out during the phase-difference 
reconstruction because the two toggles of bipolar gradient waveform produce 
different eddy-current patterns. Phase errors resulting from eddy currents have 
slow spatial variation, however, so they can be corrected for during the flow 
quantification postprocessing. Usually a small ROI is placed over a region that 
contains stationary tissue (not the air background) near the vessel of interest. 
If the concomitant-field phase error is properly removed and bulk motion is 
negligible, then a nonzero phase in that region can be assumed to be solely 
from eddy currents. A polynomial fit is applied in two dimensions, and the 
fitted phase is extrapolated to the vessel ROI, where it is subtracted from the 
measured phase. 

If the gradient second (or higher) moment changes when the bipolar 
gradient is toggled, then acceleration (or higher derivatives of motion) can 
contaminate the measured phase difference. Usually this effect is small for 
typical physiological accelerations and commonly used gradient waveforms. 
Another effect of acceleration in PC is a spatial displacement artifact of the 
vessel location arising because spatial and velocity encoding have not been 
applied simultaneously (Fayne and Rutt 1995). 

The spatial nonlinearity of the gradients causes yet another systematic 
error in flow quantification. This effect is usually negligible, but it becomes 
quite important far from the gradient isocenter. A further discussion of gradient 
nonlinearity effects in PC is provided in Markl, Bammer et al. (2003). 



Complex-Difference Reconstruction Complex-difference reconstruction 
is accomplished by subtracting the complex data obtained from the two toggles 
of the bipolar gradient. After the subtraction, a magnitude image is formed 
from the result. Figure 15.9f shows an example of an image reconstructed 
with complex difference. Because the inverse Fourier transform is a linear 
operation, the subtraction can be performed either in the k-space (Dumoulin 
et al. 1989) or in the image domain. 

Performing the subtraction in the k-space domain can be simpler to imple- 
ment because most scanners have existing data acquisition software that can 
add or subtract k-space data. Even if a scanner only has the capability to 
add k-space data together (e.g., for signal averaging) the subtraction can be 
implemented by negating the polarity of the RF excitation pulse when the 
bipolar gradient is toggled (i.e., chopping the RF to produce a negative sig- 
nal). An advantage of performing the subtraction in the k-space domain is 
that the resulting complex difference can then be reconstructed with par- 
tial Fourier reconstruction methods such as homodyne (see Section 13.4), if 
desired. 
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FIGURE 15.13 Diagram for the calculation of the complex difference in the image 
domain. The complex numbers Z\ and Z 2 are depicted as vectors and represent the 
signal within corresponding voxels in the two images acquired with the two settings 
of the bipolar gradient. 



The complex difference can be performed in the image domain instead. 
Complex image data from the two acquisitions can be directly subtracted on 
a pixel-by-pixel basis, but this is equivalent to k-space subtraction. Instead, 
consider the image domain subtraction suggested by Figure 15.13. Using the 
notation in Section 13.5, let Z\ and Z 2 be the complex values for two corres- 
ponding pixels on images reconstructed from the k-space data corresponding 
to the two toggles of the bipolar gradient. Then if we denote the magnitude of 
the complex difference for a particular pixel by CD, and: 



CD = |Zi -Z 2 | = 



■ \Z 2 \e' 



<t>2\ 



(15.21) 



Recalling that the phase difference is given by A<p = <f>\ — fa and \e"^\ = 1: 
CD=||Zik'' A *-|Z2|| 



^|Z 1 | 2 + |Z 2 | 2 -2|Z 1 ||Z 2 |cos(A^) 



(15.22) 

Equation (15.22) is equivalent to applying the law of cosines to the triangle 
represented in Figure 15.13. The main advantage of calculating CD in the 
image domain is the ability to apply phase correction, that is, to correct for the 
concomitant field and residual eddy currents (see Sections 10.1 and 13.5). Sub- 
stituting a phase-corrected phase difference A(p corr into Eq. (15.22) provides 
a phase-corrected complex difference: 



CD C , 



r = V^ 



+ |Z 2 | 2 -2|Zi||Z 2 |cos(A</. corr ) 



(15.23) 



Usually the eddy-current phase correction used in Eq. (15.23) proceeds without 
the operator intervention described earlier in this section. One method is to 
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magnitude-mask the phase-difference image to reduce noise (see Section 13.5) 
and then to fit the phase across the entire image with linear functions by 
minimizing the least-squares deviation. 

Sometimes we can assume that the magnitude of corresponding pixels of 
the images reconstructed from the two toggles of the bipolar gradient are nearly 
equal, \Z\ | % |Z 2 |. This is often true, especially for the two-sided encoding 
strategy mentioned earlier. If we assume that \Z\ | = \Zj\ = M and apply the 
trigonometric identity 1 - cosjc = 2sin 2 (x/2), Eq. (15.22) reduces to: 



CD 



= V2Myi - cos(A0) 



= 2M|sin^) 



(15.24) 



Using the definition of VENC, the complex difference becomes: 

CD = 2M H^NC)I (l5 ' 25) 

Unlike the phase difference, the complex difference does not display dis- 
continuities and does not take on negative values. It does, however, have 
a discontinuous first derivative at v = 0, ±2 VENC, ±4 VENC, . . . , as 
illustrated in Figure 15.1 1. The discontinuity of the derivative generally does 
not cause any image quality problems, since the image intensity is zero. 

Partial Volume Effects in PC The phase- and complex-difference recon- 
struction methods perform quite differently when a voxel contains both 
stationary and flowing magnetization. The diagram in Figure 15.14 illustrates 




FIGURE 15.14 Modification to Figure 15.13 showing a stationary tissue contribution 
Z s to the complex signal within a voxel. Unlike the phase difference A$, the complex 
difference \Z\ — Z2I is not affected by the presence of stationary tissue. 
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these effects by including a stationary tissue contribution Z s , which in general 
can have an arbitrary phase. The complex difference CD = \Z\ - Z2I is unaf- 
fected because Z s is a common term and subtracts out. In the example shown in 
Figure 15.14, the phase difference A(p is reduced compared to its value when 
Z s = 0. The value of the phase difference can increase, decrease, become 
equal to zero, or change sign. A more complete discussion is provided in 
Bernstein and Ikezaki ( 1 99 1 ). In practice, the sensitivity of the phase-difference 
reconstruction to partial volume effects means that the complex difference is 
usually preferred to reconstruct images, unless directional flow or quantitative 
information is required. In that case, the acquisition parameters are chosen so 
that partial volume effects are minimal (e.g., thin slices are used). 

An effective way to deal with partial volume effects, is to increase the num- 
ber of settings of the flow -encoding gradient beyond the standard number (two) 
used in phase contrast. Weber et al. (1993) describes one method to accom- 
plish this, and the Fourier velocity-encoding method described in Section 9.2 
is another. With Fourier velocity encoding, the stationary tissue contribution 
to the signal is placed in its own velocity bin, that is, the zero-frequency (DC) 
output of the discrete Fourier transform (DFT). It is interesting to recall from 
Section 1 . 1 that the DFT of a signal with two complex points (do, d\ ) is given 
by the complex sum and difference: (do + d\, do — d\). Thus the complex 
difference CD can be interpreted as the magnitude of the second element of 
the DFT. This interpretation helps to explain the complex-difference method's 
robustness against partial volume artifacts. 



Image Sensitive to Flow in All Three Directions The PC methods dis- 
cussed so far are sensitive to flow along a single spatial direction. Sometimes an 
image that is sensitive to flow regardless of the direction of motion (Dumoulin 
et al. 1989) is desired. This type of phase-contrast image is sometimes called 
a speed or a three-direction image. A three-direction image is calculated by 
taking the square root of the sum of the squares of three PC images on a pixel- 
by-pixel basis. Each of the three individual PC images has the same acquisition 
parameters (matrix, field of view, slice location, etc.), but is sensitive to flow 
along a direction that is orthogonal to the other two. The values of VENC for 
the three logical directions need not be the same, resulting in what is sometimes 
called a multivenc acquisition. For simplicity, however, a common value of 
VENC is usually used, except for applications in which flow velocity is highly 
anisotropic, such as in the legs. Often the three individual images that make up 
the three-direction image are each reconstructed using the complex-difference 
method because three-direction images are not used to quantify flow and the 
signs of the individual flow-direction images are lost during the sum-of-squares 
operation anyway. A pixel value denoted by S in the three-direction image is 
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calculated by: 

' t-CDL + CD2 (15.26) 



= ^ 



where CD is a complex image reconstructed with Eq. (15.23), and the 
subscripts represent velocity encoding along one of the logical directions: 
frequency encoding, phase encoding, or slice selection. If desired, both 
complex-difference and phase-difference images can be reconstructed from 
the same k-space data set. For example, complex-difference images can be 
used to produce a three-direction image as in Eq. (15.26), while a separate 
set of phase-difference images can be reconstructed for each flow direction to 
provide directional and quantitative information. Information obtained from 
the complex-difference reconstruction can be used to reduce partial volume 
effects in the phase-difference images (Polzin et al. 1995). 

A straightforward method for obtaining the data for the three-direction 
image is to acquire a total of six data sets, i.e., a pair with the bipolar gradient 
toggled for each of the three directions. Sometimes this is called a six-set 
or six-point acquisition. In order to minimize misregistration artifacts from 
patient motion, the toggling of the bipolar gradient is usually the innermost 
loop for this acquisition, followed by the three flow directions. 

The scan time needed to acquire the data for a three-direction image can be 
reduced by 33% by using a common reference image for the three subtractions 
(Pelc, Bernstein et al. 1991, Hausmann et al. 1991; Conturo and Robinson 
1992). This method is sometimes called a four-set or four-point acquisition. 
Similar to the six-point method, the toggling of the bipolar gradients is usually 
the innermost loop of the acquisition. One strategy for a four-point acquisition 
is to first obtain a reference view that, for example, could be velocity com- 
pensated (i.e., m\ — 0) on all three axes. Then for the subsequent three views, 
the gradient waveforms are varied on one axis at a time to achieve the required 
change in first moment Ami in each direction. For example, the second view 
would have first moments equal to (-Am i , 0, 0), the third view (0, -Am i , 0), 
and the fourth view (0, 0, -Ami )• (This is analogous to acquiring a common 
image with b — in diffusion trace-weighted imaging and diffusion tensor 
imaging, as described in Section 17.2.) This strategy is sometimes called a 
simple four-point method. To obtain an image sensitive to flow in the readout 
direction, the data from the second view is subtracted from the reference view, 
and so on. The simple four-point method can also use two-sided encoding if the 
first moments of the reference scan equal to Am i /2 on each of the three gradi- 
ent axes. In that case, the first moment on three axes for the second acquisition 
would be (-Ami/2, +Ami/2, + Ami /2), respectively. 

As an alternative to the simple four-point method, the bipolar gradients 
can be toggled on two axes at once. This is called a balanced-four point or 
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Hadamard velocity encoding. To obtain a phase-difference image proportional 
to velocity along a single axis, a Hadamard decoding reconstruction is used, 
which involves linear combinations of all four data sets. Despite this com- 
plexity, the Hadamard velocity-encoding strategy can offer some advantages 
in SNR and flow aliasing properties, as explained in Pelc, Bernstein et al. 
(1991). 



15.2.2 Practical Considerations 

A PC prescription requires the operator to select the VENC parameter. 
Equations (15.15) and (15.17) illustrate the dilemma: If VENC is too small, 
flow aliasing results; if VENC is too large, the sensitivity is poor, resulting 
in a poor SNR in the PC image. For PC images reconstructed by complex 
difference, some flow aliasing is more tolerable because there are no discon- 
tinuities when the signal is plotted versus velocity (Figure 15.1 1). The inverse 
dependence of the SNR on VENC also illustrates the value of phase unwrap- 
ping methods. Even if only one phase wrap can be removed, the dynamic range 
is doubled, and VENC can be cut in half. This doubles the SNR and allows 
the imaging time to be cut by a factor of four. 

In practice, values selected for VENC depend on the vessel to be imaged 
and the reconstruction method. For example, to image the internal carotid 
artery VENC = 80-100 cm/s can be selected for phase-difference reconstruc- 
tion, whereas VENC = 40-50 cm/s is more typical for complex-difference 
reconstruction. These are consistent with the range of peak velocities meas- 
ured with Doppler ultrasound, 80-120 cm/s (De Witt and Wechsler 1999), 
keeping in mind that the average velocity over a voxel is smaller than its peak 
value and that some flow aliasing is usually acceptable in complex difference 
images. More discussion of VENC selection is provided in Turski and Korosec 
(1993). 

Equation ( 1 5 . 1 7) also illustrates that the vessel SNR in PC can be improved 
by selecting image parameters that increase SNR mag , such as selecting a good 
time-of-flight imaging protocol. An exception occurs for flow quantification 
in which, as mentioned earlier, too much flow-related enhancement can cause 
a systematic overestimation of the volume flow rate. 

It is useful to minimize the echo time TE in phase-contrast acquisitions. 
This reduces signal loss from r 2 * dephasing and can also reduce higher-gradient 
moments (m2,ms, etc.) that introduce an error into Eq. (15.14) when the 
magnetization accelerates or experiences higher derivatives of motion. There- 
fore, PC acquisitions usually use partial echoes to minimize TE, as shown 
in Figure 15.8. A simple partial Fourier reconstruction such as zero-filling is 
used because (with the exception of k-space subtraction complex difference) 
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more advanced methods such as homodyne are not compatible with PC. As 
explained in Section 1 3.4, using a fractional echo percentage that is too small in 
conjunction with zero-filling as a partial-echo reconstruction method degrades 
the image quality. A typical fractional echo percentage for PC is 70-80%. 

In addition to thin-slice 2D and 3D volume acquisitions, PC can be 
acquired in 2D projection mode or thick-slab acquisitions. Whereas 3D PC 
images are often displayed using the maximum intensity projection (MIP, see 
Section 15.3), 2D thick-slab images acquire the entire volume of interest in a 
single slice and do not require MIP to show the path of a vessel. Due to the 
large amount of stationary tissue in the voxel, a twister (projection dephaser) 
gradient (Section 10.6) can be used to dephase the thick stationary slab while 
preserving signal from the vessels that are thinner. A four- or six-set acquisition 
gives flow sensitivity in all three directions. It is necessary to use complex- 
difference reconstruction to avoid severe partial volume artifacts. The twister 
gradient does not need to be played as a dedicated lobe because its area can 
be absorbed into any of the three existing lobes on the slice-selection axis that 
precede the readout, as shown in Figure 15.8. 

Excellent stationary tissue suppression is an important advantage of PC. 
This is particularly valuable after the injection of gadolinium-based contrast 
agents, which can increase the signal of the stationary tissue background 
on time-of-flight images. Also, because time-of-flight images are essentially 
7j -weighted fast scans, thrombus can appear bright (hyperintense) and be mis- 
taken for flow. PC images can be used to show the true stationary nature of the 
thrombus. PC images can also be used to detect retrograde flow, for example 
in a subclavian steal (Figure 15.15). Although time-of-flight images can also 
be used to determine the direction of flow with the use of spatial saturation 
pulses, that method requires the prospective placement of the saturation pulses. 
PC can determine flow direction retrospectively, as long as VENC is set high 
enough to avoid flow aliasing in the vessel of interest. 

Phase-contrast methods currently are not as widely used as time-of-flight 
and contrast-enhanced methods. One drawback of phase-contrast imaging is 
that the bipolar gradients can increase intravoxel dephasing because they neces- 
sarily increase minimum TE, diffusion-induced phase dispersion, and gradient 
moments. The main drawback of phase contrast, however, has been its rela- 
tively long acquisition time compared to time-of-flight imaging (twice as long 
for a single-direction flow image and at least four times as long for a three- 
direction image, if the TR is held fixed). 3D phase contrast, which is acquired 
without signal averaging (NEX = 1 ) is an excellent application for parallel 
imaging techniques such as SENSE. As phased array RF coils compatible with 
SENSE are more widely deployed, the use of 3D PC will probably increase. 
Figure 15.16 shows an example of a 3D PC image in which the acquisition 
time has been reduced from 42 to 7 min by using SENSE. 




FIGURE 15.15 (a) Coronal thick-slab three-direction phase-contrast image recon- 
structed with complex difference. The major vessels of neck are visualized, including 
the right and left vertebral arteries (thin and hollow arrows, respectively), (b) Coronal 
2DTOF maximum intensity projection of the same patient. The hollow arrow indicates 
a subclavian steal (i.e., retrograde flow in the left vertebral), which cannot be visualized 
on this image due to the spatial saturation pules that are applied superior to the 2DTOF 
slices, (c) Magnitude-masked PC image with VENC = 50 cm/s, sensitive to flow in 
the superior-to-inferior direction, confirming the retrograde flow in the basilar and left 
vertebral arteries. Also note the abrupt transition between positive and negative pixel 
values (curved arrow) indicating flow-related aliasing in the carotid arteries. (Courtesy 
of John Huston, III, M.D., Mayo Clinic College of Medicine.) 




FIGURE 1 5 . 1 6 MIP projection of 3D PC acquisition of the whole brain using an eight- 
element head coil and SENSE. No contrast agent is present, and complex difference 
reconstruction is used. The voxel dimension is 1 .0 x 1 .0 x 1 .2 mm 3 prior to zero-filling. 
TE, TR, flip angle, and VENC are 5.1 ms, 20 ms, 15°, and 40 cm/s, respectively. The 
SENSE acceleration factor of 6 reduced the acquisition time from 42 to 7 min. (Courtesy 
of Romhild M. Hoogeveen, Ph.D., Philips Medical Systems.) 
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Example 15.4 A 3D PC acquisition is acquired with flow sensitivity in all 
three directions, a TR = 15 ms, and a 256 x 192 x 192 acquisition matrix. 
How long is the acquisition time? 

Answer Assuming that four-point encoding is used, the imaging time is: 

192 2 x4x 0.015s = 2212 s 
or nearly 37 min. 
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15.3 TOFandCEMRA 

This section covers two families of MR vascular imaging methods: 
time-of-fiight (TOF) and contrast-enhanced MR angiography (CEMRA). Both 
TOF and CEMRA produce magnitude images that display increased vessel sig- 
nal intensity, but their mechanisms of signal enhancement differ. TOF methods 
rely on the inflow of blood into the imaging slice to increase vessel intensity 
compared to the stationary tissue background. This effect is known as wash-in, 
inflow enhancement, or flow-related enhancement (FRE). (Consequently, TOF 
is sometimes called inflow MR A.) CEMRA methods instead rely on an extern- 
ally administered contrast agent to increase the signal from the blood. CEMRA 
is also called gadolinium infusion or gadolinium bolus MR angiography. 

There are three main acquisition modes for TOF images. Two-dimensional 
time of flight (2DTOF) covers an imaging volume by acquiring a set of thin 2D 
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slices sequentially, that is, one at a time (Section 1 1.5). The slices are either 
contiguous (zero slice gap) or overcontiguous (overlapped, i.e., acquired with 
a small negative slice gap). Three-dimensional time of flight (3DTOF) acquires 
the set of images in a single 3D volume (Section 1 1.6). The slices within the 
volume are also contiguous, unless overlapped slice locations are reconstructed 
using an interpolation method such as zero-filling in the slice-encoded direc- 
tion. An advantage of 3DTOF is that thin (e.g., 1-mm) slices can be acquired 
with weaker imaging gradients than are required for 2DTOF, as illustrated in 
Example 1 1 .8. This reduces the gradient moments and minimum TE, which 
reduces intravoxel dephasing. As described in Section 1 1 .6, 3D acquisitions 
also have a substantial SNR advantage compared to 2D acquisitions that are 
obtained sequentially. The main drawback of 3DTOF is that it sacrifices some 
of the SNR advantage in vessels because FRE is reduced compared to 2DTOF, 
especially for slow flow. This is because the signal from blood is progres- 
sively attenuated as it traverses through the slab and repeatedly experiences 
RF excitation pulses. Several countermeasures have been developed to alle- 
viate the signal saturation of slowly flowing blood in 3DTOF and to try to 
equalize the signal from the entry and exit slices of the imaging volume. One 
method is the ramp RF excitation pulse, which is the subject of Section 5.2. 
A second method is the third main TOF acquisition mode, multiple overlapping 
thin-slab acquisition (MOTSA). MOTSA is also known as sequential 3DTOF 
or multichunk MR angiography. 

MOTSA is a hybrid of 2D- and 3DTOF and has many of the advantages 
of both. It uses 3D volume acquisition, so some SNR advantage is obtained 
relative to 2DTOF. The number of slices per slab, however, is restricted (e.g., 
16-32) so that the slab thickness is no more than a few centimeters, and 
signal saturation of slow flow is limited to an acceptable level, even at the 
exit slices. By sequentially acquiring a series of slabs, the necessary spatial 
coverage is obtained. The main disadvantage of MOTSA is its slab boundary 
or Venetian blind artifact, which is the discontinuity of the image intensity at 
the boundaries between adjacent slabs. Several countermeasures have been 
developed to alleviate the Venetian blind artifact, and these are described in 
subsection 15.3.1. 

CEMRA is the second family of angiographic methods covered in this 
section. The signal enhancement in CEMRA is flow-independent; that is, 
instead of relying on FRE its signal enhancement is due to the T\ -shortening 
effect of blood after an injection of contrast agent. An imaging volume is 
then covered with a fast 3D acquisition. CEMRA methods can be divided into 
those that are time-resolved and those that are not. Time-resolved methods 
repeatedly acquire the same imaging volume. They require less operator inter- 
vention, but usually sacrifice some spatial resolution and coverage. Another 
group of CEMRA techniques is called bolus chase or moving table methods. 
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Despite their differences, TOF and CEMRA share several common 
features. They are both widely used angiographic techniques, and both pro- 
duce images with a bright (i.e., hyperintense) blood signal. TOF and CEMRA 
applications use variations of the same basic pulse sequences because fun- 
damentally they both require T\ -weighted fast scans. The most commonly 
used pulse sequence is spoiled gradient recalled echo (Section 14.1), known 
as spoiled FLASH or SPGR. (SSFP-FID and balanced-SSFP gradient echo 
methods are also used, but spoiled methods are usually preferred because it 
is advantageous to suppress the signal from cerebrospinal and other fluids to 
avoid confusion with blood.) Also, both TOF and CEMRA methods cover 
an imaging volume to yield a stack of contiguous (or overcontiguous) slices, 
which are called source images. Unlike catheter-based x-ray angiography in 
which only a single arterial branch is visualized, MR angiography can show all 
the arteries within the MR imaging volume. The source images can be viewed 
one slice at a time or postprocessed a variety of ways, the most common being 
the maximum intensity projection (MIP), as discussed in subsection 15.3.3. 
Both TOF and CEMRA are commonly implemented using Fourier imaging 
(i.e., Cartesian k-space trajectories). Thus either 2D or 3D Fourier imaging is 
assumed for the pulse sequences discussed in this section, unless otherwise 
noted. 



15.3.1 Time of Flight 

Partial Saturation and Flow-Related Enhancement With the excep- 
tion of a few single-shot acquisition techniques, the magnetization must be 
repeatedly excited once per TR to produce an MR image. Unless the longitu- 
dinal relaxation time T\ <£ TR, there is incomplete T\ relaxation in between 
the RF excitation pulses, which causes attenuation of the signal. This effect is 
known as partial saturation, or simply saturation. (The former term is preferred 
by those who reserve the term saturation to describe a nonequilibrium state in 
which the magnetization is zero.) In general, saturation increases as the TR/7i 
ratio decreases. 

For the spoiled gradient echo pulse sequences commonly used in TOF 
angiography, the T\, TR, and flip angle dependence of the signal S is 
given by: 



-TR/7-, 



)s0e-TR/*i) 



e -TE/7T sM()Sin £ /;sse -TE/7 2 * 



where / z?ss is a dimensionless measure of the steady-state longitudinal mag- 
netization, and Mo is the equilibrium longitudinal magnetization, which 
usually has a different value for blood than for other tissues. The signal 5 in 
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Imaging slice 

FIGURE 1 5 . 1 7 (a) Schematic representation of flow-related enhancement. Fully mag- 
netized blood flows into an imaging slice. The signal from blood is enhanced relative 
to the stationary tissue background, which experiences partial saturation from expos- 
ure to repeated RF excitation pulses, (b) The right internal carotid artery (arrow) is 
hyperintense on an axial 2DTOF source image due to flow-related enhancement. 



Eq. (15.27) monotonically decreases as the TR/7i ratio decreases, as expec- 
ted. The maximal signal occurs when the flip angle is equal to the Ernst angle 
#E = arccos(<?~ TR / r ' ), implying that saturation is dominant over the creation 
of transverse magnetization for 6 > 0%. 

FRE (Axel 1984) restores some of the signal intensity lost to partial sat- 
uration by the inflow of fully magnetized, or fresh, blood into the image slice 
(Figure 15. 17). FRE increases with the flow velocity and as the flow trajectory 
becomes more perpendicular to the slice. FRE also increases as the slice thick- 
ness Az is reduced. If, however, the perpendicular component of the velocity 
exceeds: 



_ Az 
~~ TR 



(15.28) 



then there is complete inflow replacement of magnetization in the slice during 
each TR interval. A further increase in velocity causes no further increase 
in FRE and might even begin to decrease the signal due to the intravoxel 
dephasing effects discussed in Section 10.4. 

In 3DTOF and MOTSA imaging, the slices into which slowly flowing 
blood enters the slab generally have the greatest amount of FRE, and those from 
which it exits have the least. This is sometimes called the entry slice effect. We 
can try to generalize Eq. (15.28) to 3DTOF and MOTSA by replacing the slice 
thickness Az with the slab thickness N z Az, where N z is the number of slices 
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per slab. If the path of the vessel is straight and perpendicular to the slices in 
the slab, then 

N-Az 
v > -^-^ (15.29) 

TR 

implies complete inflow replacement, even at the exit slice. Often, however, 
the path of the vessel through the imaging volume is tortuous. To further 
complicate the situation, it is not uncommon for the speed of a small element 
of blood to change substantially while it traverses the slab as a vessel narrows, 
widens, or bends. Still, Eq. (15.29) can provide a useful estimate. 

FRE can be mathematically modeled and quantified. If the magnetiza- 
tion experiences a total of j excitation pulses (j > 1), then the steady-state 
expression for the spoiled gradient echo signal in Eq. (15.27) is replaced by 
the approach to steady state: 

Sj = Mosinfl [/,, ss + (cos8e- TR/T] ) J - l (\ - /-. ss )l e - JE/T 2 (15.30) 

(See Section 14.1.) Because (cos0e~ TR ^ T] ) < 1, Sj approaches the steady- 
state value S for sufficiently large j. The amount of FRE in spoiled gradient 
recalled echo imaging is given by the difference: 

FRE = Sj - S = M sin 9(cos6e- TR/T] ) j ~ l (1 - /. , s )e' TE/T 2 j > 1 

(15.31) 

A normalized measure of the enhancement is plotted versus flip angle 6 
in Figure 15.18. FRE increases monotonically as j decreases. Faster velocity 
implies decreasing j for a fixed TR and slice thickness. This trend continues 
until v = v max , at which there is complete replacement of the magnetization 
in the slice, so it only experiences j = 1 RF pulse. In that case, the total signal 
given in Eq. (15.30) reduces to: 

S j= i ^ M o sm0e- TE/T 2 (15.32) 

from which the effect of partial saturation is absent, as expected. Also note 
from Figure 15.18 that the fewer the number of RF pulses experienced, the 
higher the flip angle that maximizes FRE. Also, as the ratio TR/ T\ increases, 
the normalized FRE decreases. This is simply because, as TR/ 7\ increases, 
the signal S in Eq. (15.31) increases. 

The results presented here can be further refined by subdividing the ima- 
ging slice into multiple compartments and summing a geometric series that 
results. Also, when the velocity v is very small, FRE can be mathematically 
modeled as an apparent shortening of T\ because both effects increase signal. 
The apparent T\ shortening, however, is solely a mathematical construct 
because FRE has no physical effect on the T\ of blood. A more complete dis- 
cussion of these and other aspects of FRE can be found in Haacke et al. (1999). 
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FIGURE 15.18 Plots of the normalized flow-related enhancement FRE/ 
(Mo e~ TE/7 2*), calculated from Eq. (15.31). The label j is the number of RF excitation 
pulses that the magnetization experiences. The value of TR/7*i is 10 times shorter 
in (a) than in (b). 



2DTOF 2DTOF (Keller et al. 1989) covers the imaging volume with a 
set of thin (Az = 1-3 mm) slices that are acquired in 2D sequential mode. 
Because TR is typically 20-30 ms, the thin slices ensure that the number 
of RF pulses experienced by in-flowing blood is small, j = 1 (or at most 2) 
for typical arterial velocities (v = 10-100 cm/s). The flip angle is set to a 
relatively high value (e.g., 50-70°) in order to suppress the stationary tissue 
background and to maximize the vessel-to-background contrast. The imaging 
plane is selected to be perpendicular to the flow; for example, to image the 
carotid arteries the axial plane is typically used. In 2DTOF, spatial coverage 
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and imaging time are the only considerations in choosing the number of slice 
locations, unlike 3DTOF in which SNR and FRE also depend on the number of 
slices. 

Often nearby veins overlap the arteries of interest. The venous signal can 
be suppressed in 2DTOF by applying a spatial saturation pulse parallel to 
the imaging slice (see Section 5.3). A traveling saturation pulse with a fixed 
saturation gap is used so that venous suppression is uniform among all the 
slices. For example, to image the carotid arteries, the spatial saturation pulse 
is placed superior to each axial imaging slice to suppress the signal from the 
jugular veins (Figure 15.19). 



(a) 


(b) 


(c) 










FIGURE 15.19 Axial 2DTOF acquisition of a healthy volunteer with 
TR = 28 ms, TE = 8.7 ms, and the flip angle is 50°. The matrix is 256 x 128, 
the FOV is 16 cm, and the acquisition time is 6 min for 100 2.2-mm-thick slices, 
overlapped by 0.7 mm to give a smoother vessel appearance on maximum intensity 
projections, (a)-(c) Axial source images acquired with no spatial saturation, traveling 
spatial saturation applied superior to the slice to suppress venous signal, and traveling 
spatial saturation using the SLIP technique to simultaneously suppress venous 
and lipid signal, respectively, (d)-(f) Corresponding coronal maximum-intensity 
projections. Note the jagged appearance of the right carotid artery on (e) due to vessel 
motion and pulsatile flow (arrow). Also note the signal loss between the right vertebral 
and the basilar arteries due to in-plane flow (hollow arrow). 
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It is important to remember that the saturation pulse distinguishes arteries 
from veins only by their direction of flow. If an artery has retrograde flow, 
the saturation pulse will suppress its signal. Conversely, venous signal will 
not be properly suppressed if its actual flow direction differs from the one 
that is presupposed when the saturation pulse is prescribed. Figure 15.15b 
(in Section 15.2 on phase contrast) shows an example of arterial suppression 
caused by the spatial saturation pulse and retrograde flow in the left vertebral 
artery. 

Simultaneous venous and lipid suppression can be accomplished using 
the SLIP spatial saturation technique, which is described in Section 5.3, and 
illustrated on Figure 15.19. The use of the SLIP technique eliminates the 
need to use chemical saturation pulses on 2DTOF, which allows a shorter 
minimum TR. 

Pulsatile flow and vessel motion can cause an irregular, jagged appearance 
on 2DTOF MIP images (see Figure 15.19e). Velocity compensation on the 
slice-selection and frequency-encoding gradient waveforms is helpful, and it is 
typically used because it reduces the inconsistent phase generated by pulsatile 
flow. Partial echo readout and low time-bandwidth product (i.e., T A/ = 1 to 2) 
RF excitation are also used to reduce gradient moments. Cardiac triggering 
can further reduce artifacts caused by pulsatile flow and vessel motion caused 
by pulsatile flow (Yucel et al. 1994). Even with cardiac triggering, however, 
artifacts from breathing, swallowing, or other bulk patient motion can remain 
problematic. 



3DTOF 3DTOF (Masaryk et al. 1989; Lin et al. 1993) covers the desired 
imaging volume with a single slab of 3D slices. In order to maximize FRE, the 
volume is oriented (to the extent possible) so the slice planes are perpendic- 
ular to the flow. The axial imaging plane is often used to acquire intracranial 
3DTOF (Figure 15.20). Depending on the vessel path, an oblique slab orienta- 
tion sometimes improves FRE and allows the desired imaging volume to be 
covered by fewer slices, which reduces the scan time. A potential drawback 
of using an oblique imaging plane is that sometimes the minimum TE or TR 
must be increased to keep the gradient waveforms within hardware limita- 
tions, as described in Section 7.3. Typically, however, the increase is only a 
few milliseconds at most. 

In order to shorten minimum TR, often spatial saturation is not used on 
3DTOF because the venous signal is suppressed anyway due to slow flow, 
except on a few entry slices. Magnetization transfer (Section 4.2), however, is 
routinely used on 3DTOF to suppress the signal from stationary tissue. Unlike 
2DTOF, low time-bandwidth-product RF excitation pulses generally cannot be 
used because they are not effective in eliminating slice wraparound artifacts. 
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FIGURE 15.20 Axial two-slab MOTSA of a healthy volunteer at 3.0 T, along with 
several commonly used postprocessing displays. TR = 37 ms, TE = 4.6 ms, and flip 
angle = 25°. The matrix is 384 x 224, the FOV is 18 x 16 cm, and the acquisition 
time is 8 min for two slabs of 32 1 .4-mm-thick slices, (a) A representative axial source 
image, (b) Thin-slab MIP from 10 axial source images, (c) Full- volume axial MIP 
displayed in inverse video, (d) Coronal volume rendering, (e) Targeted MIP showing 
only the right carotid artery in the sagittal plane; the bracket indicates the region of 
overlapped slices for the MOTSA acquisition. 



; gradient moments, 3DTOF pulse sequences use partial-echo 
acquisition and use RF excitation pulses with the shortest possible isodelay 
(e.g., minimum phase pulses, Section 2.3). 3DTOF pulse sequences com- 
monly use ramp pulse RF excitation (Section 5.2) to partially equalize the 
blood signal across the slab. Either minimum TE is used, or dead time (i.e., 
delay) is added to gradient waveforms to increase TE, so that lipid and water 
transverse magnetization are out of phase (e.g., TE ~ 2.3 or 6.9 ms at 1 .5 T). 
There is a variety of different gradient moment nulling strategies for 
3DTOF, but at this time it appears that no clear consensus has emerged on 
which one is optimal. One strategy is not to use any flow compensation what- 
soever in order to minimize TE and gradient moments of second order and 
higher. A second strategy is to use first-order moment nulling on all three 
axes, including velocity compensating each step of both the in-plane and slice 
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phase-encoding gradient waveforms. Sometimes this strategy is called tri- 
directional flow compensation. Tridirectional flow compensation is the most 
gradient-intensive strategy, but it has the advantage of eliminating the mis- 
registration artifact if the flow is in a direction that is oblique relative to the 
logical gradient axes (Parker et al. 2003; Frank and Buxton 1993). A third, 
intermediate strategy is to null the first-order moments on the readout and 
slab-selection waveforms, but not the individual Fourier-encoding steps on 
the phase or slice axis. Higher-order gradient moment nulling (e.g., accelera- 
tion compensation) is seldom used because it prolongs the minimum TE and 
increases the higher-order moments that are not compensated. 

Because 3DTOF acquisitions are phase encoded in two orthogonal 
directions, there is considerable flexibility in the k y k z view order. Using a 
nonsequential view order such as elliptical centric (Section 1 1 .6) can reduce 
the conspicuity of ghosts from pulsatile flow. The main mechanism behind this 
artifact reduction is to spread the ghosts evenly in two dimensions (phase and 
slice). With a sequential view order, the ghosts primarily propagate along a line 
that lies in the plane of the two phase-encoded directions (Frank et al. 1997) and 
can be conspicuous along the in-plane phase-encoded direction (Figure 15.21). 
Pulsatile ghost reduction is particularly important at 3.0 T because increased 
susceptibility changes aggravate pulsatile flow artifacts (Drangova and Pelc 
1996). The increased SNR at high field also means that artifacts are more 
conspicuous because they are less likely to be obscured by noise. 

Because each TR interval in a 3D acquisition corresponds to a specific 
value of k y and k z (assuming NEX = 1 ), there is additional latitude in the pulse 




FIGURE 15.21 Axial MIP of 3DTOF acquisitions of a healthy volunteer at 3.0 T. 
(a) Sequential view order, (b) Elliptical centric view order. Notice how the ghost- 
ing (arrow) from pulsatile flow that propagates in the primary phase-encoded axis is 
reduced when the elliptical centric view order is used. 
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sequence design. Because the low-spatial-frequency information is acquired 
at the center of k-space, the pulse sequence can be altered to perform time- 
intensive tasks only for those views. Examples of this procedure include the 
restricted application of MT RF pulses (Section 4.2) and the prolonging of the 
TE to place fat-water out of phase (Lin et al. 1994). 



MOTSA MOTSA (Parker et al. 1991) covers the imaging volume with 
multiple, thin 3D slabs that are acquired sequentially. All the pulse sequence 
considerations mentioned for 3DTOF apply because MOTSA is composed of 
concatenated 3DTOF acquisitions. One exception is the use of spatial satura- 
tion, which is nearly always used on MOTSA to suppress venous signal at 
the slab boundaries. Figure 15.20 shows an example of MOTSA images and 
several widely used angiographic display formats. 

The multiple thin slabs that make up a MOTSA acquisition reduce the 
signal saturation of slowly flowing blood compared to 3DTOF. To alleviate 
the resulting Venetian blind artifact, the slabs can be overlapped; that is, slice 
locations in the overlap region can be acquired twice (Figure 15.22). In the 
overlap region, each slice location is acquired with an entry slice from one slab 
and an exit slice from the other. Taking the maximum of the two images on 
a pixel-by-pixel basis can moderate the variation of the final image intensity. 
Although this reduces the Venetian blind artifact, it can introduce a "double 
exposure" misregistration artifact if the patient moves. 



























Overlap slices -f 























































FIGURE 15.22 Schematic representation of a MOTSA acquisition with three slabs 
and eight slices per slab. There are two overlap slices at each boundary between the 
slabs. (To simplify the figure, any slices that are dropped at the ends of each slab 
to reduce slice wraparound artifacts are not shown. Also the slight horizontal offset 
between the slabs is solely for purposes of illustration.) 
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An alternative strategy to reduce the Venetian blind artifact is called sliding 
interleaved k y (SLINKY) (Liu and Rutt 1998). SLINKY is also known as the 
chunk acquisition and reconstruction method (CHARM). In regular MOTSA, 
the spatial offset of each RF slab excitation pulse is held fixed until all the 
k-space data for that slab are acquired. Once the data acquisition for that 
slab is complete, the next slab is acquired and the spatial offset of the RF slab 
excitation pulse is translated by one slab thickness (minus the total thickness of 
the overlap slices.) In SLINKY, the RF slab excitation pulse is translated every 
few views by one slice location. The net effect is to smooth out the Venetian 
blind artifact over the entire imaging volume. A special reconstruction is used 
to obtain the entire volume of 3D slices. The implementation of SLINKY is 
simplified if the RF slab excitation pulse has a linear phase response that can be 
rephased by applying a gradient lobe. This gives SLINKY the minor drawback 
of being difficult to implement with minimum-phase RF excitation pulses, 
which generally provide the shortest isodelay, and reduces the minimum TE. 



15.3.2 Contrast-Enhanced Magnetic Resonance 
Angiography 

The Contrast Agent Bolus CEMRA (Prince et al. 1999) relies on an 
injected contrast agent that changes the relaxation time of blood. The most 
commonly used contrast agents shorten T\ and are based on gadolinium 
(Gd) (Koenig 1991; Spinosa et al. 2002). Gadolinium is one of the more 
abundant of the rare earth elements and has atomic number 64 and atomic 
weight 157.25 g/mol. It is highly paramagnetic in its ionized state Gd 3+ due 
to seven unpaired electrons in the 4/ orbital shell, which is the maximum 
number allowed. Its electronic spin properties make gadolinium an effective 
T\ -shortening agent for protons. Gadolinium itself is toxic, but the approved 
contrast agents have excellent safety profiles because the gadolinium ion is che- 
lated, or bound by a ringlike molecular cage. The term chelate is derived from 
the Greek word for "claw" (the gadolinium ion is held by ligands as if in the claw 
of a lobster). The contrast agents are often referred to as gadolinium chelates. 

The gadolinium chelate is typically injected intravenously (e.g., into the 
anticubital vein) as a bolus, that is, over a short time (e.g., 5-10 s for a total 
volume of on the order of 20 mL). A power injector can be used to accurately 
control the dose and injection rate. Sometimes the injection of the contrast agent 
bolus is immediately followed by the injection of a volume (e.g., 10-20 mL) 
of saline, referred to as a saline flush. The main purpose of the saline flush 
is to create a tighter bolus — one that is more sharply peaked with respect to 
time. The saline flush accomplishes this by helping to push the contrast bolus 
through the vascular system. 
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After passage to the right ventricle, the pulmonary vessels, and the left 
ventricle, the contrast agent bolus remains partially intact as it makes its first 
pass into the arteries, but it is diluted. For example, if an undiluted gado- 
linium chelate solution has a concentration of 500 mM, a typical concentration 
when a 20 mL bolus reaches the carotid arteries is on the order of 1-10 mM. 
From Example 15.5, that concentration is sufficient to produce intense arterial 
enhancement. The main goal of CEMRA methods is to acquire a 3D imaging 
volume when the contrast agent is at (or near) its peak concentration during this 
first pass in the arteries of interest, but before nearby veins or stationary tissue 
enhance. (For this reason, sometimes CEMRA is referred to as a first-pass 
method.) Therefore, acquisition speed is the overriding design consideration 
for CEMRA pulse sequences. For example, the overlapping jugular veins 
enhance typically only 5-9 s after the carotid arteries. 



T\ Reduction of Blood The T\ of blood can be expressed as a function 
of the concentration [Gd] of the contrast agent: 

— = ^r + R\* [Gd] (15.33) 

where R\ is the longitudinal relaxivity of the contrast agent, and T\ is the 
longitudinal relaxation time of blood in the absence of contrast agent, which 
is approximately 1200 ms at imaging field strengths (e.g., 1.5 T). A typical 
value for the longitudinal relaxivity of a gadolinium chelate is on the order of 
R\ = 5 mM~' s _1 . The relaxivity of gadolinium chelates decreases slowly 
as the field strength is increased; for example, R\ decreases by approximately 
5-7% as fi is increased from 1 .5 to 3.0 T (Koenig 1 99 1 ; Bernstein et al. 200 1 ). 

Example 15.5 Use Eqs. (15.27) and (15.33) to estimate the concentration 
of gadolinium contrast agent necessary to increase the signal from blood by a 
factor of 10. Assume a spoiled gradient-echo pulse sequence, with TR = 5 ms, 
9 = 45°, 7| = 1200 ms, /?, = 4.7 mM" 1 s~', and that the TE is sufficiently 
short so that 7 2 * decay is negligible. 

Answer According to Eq. (15.27), increasing the signal by a factor 10 
implies that: 



(l-cosfle-™/ 7 "!) (l-cos^ - ™/^) 

Solving Eq. (15.34) by algebraic manipulation (or numerically) yields 
e -TR/r, =0.9543,80 7! = 106.9 ms or 0.1 069 s. Equation (15.33) then yields 
the required concentration of [Gd] =1.81 mM. 
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A very high concentration of gadolinium (e.g., on the order of 20 mM 
or higher) can be counterproductive because it causes signal loss from 7 2 * 
decay (Neimatallah et al. 2000). To reduce the likelihood of that signal loss, 
moderate injection rates of the contrast agent are used, 2-3 mL/s being typical. 
Higher injection rates can also increase the risk of extravasation (i.e., leakage 
of contrast agent from the vein at the injection site into the surrounding tissues). 

SNR and TR Considerations For most CEMRA applications, we can 
assume that TR <£ Tl because even at peak enhancement the vessel T\ is still 
on the order of 50 ms, whereas TR is only a few milliseconds with most modern 
gradient hardware. Assuming the use of a spoiled gradient-echo pulse sequence 
with the flip angle set to the Ernst angle, then cos Q = <?~ TR/ h % ( 1 - TR/ T\ ) . 
After some algebra, the signal in Eq. (15.27) can be expressed as: 



Equation (15.35) implies that increasing TR increases the signal, but this 
can be misleading because it does not take into account the time-dependence 
of the bolus. A long TR increases imaging time, which means that data will 
be acquired when there is little or no contrast agent remaining in the vessel. 
These trade-offs can be quantified by first considering the rate Q of k-space 
area traversal per unit time for the 3D volume acquisition: 

_ Ak y Ak z 1 

TR FOV v FOV z TR 

where Ak y and Ak z are the k-space step sizes for the phase- and slice-encoding 
directions, respectively. The point-spread function (PSF) for the resulting 
images can be calculated if the time-dependence of the contrast enhancement 
from the arterial bolus is parameterized (Fain et al. 1999), for instance, with 
a two-term gamma- variant model. The results of these calculations (assuming 
the elliptical centric view order) show that the FWHM of the PSF is inversely 
proportional to the square root of the rate k-space area traversal: 



FWHM oc /— = y/TR FOV v FOV z (15.37) 

Also, the peak amplitude of the PSF is directly proportional to Q: 

PSF max oc Q = (15.38) 

TRFOVj.FOV, 
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Equation (15.37) for the FWHM illustrates the importance of minimizing 
TR and FOV in CEMRA to avoid loss of spatial resolution (i.e., blurring). 
Therefore, any method that reduces the acquired FOVs in either of the phase- 
encoded directions (or both) is of great value to CEMRA. Those methods 
include rectangular FOV, parallel imaging methods such as SENSE, and 
oblique orientation of the imaging volume to cover the vessels with fewer slices. 

Equation (15.38) shows that the amplitude of the PSF increases as TR 
decreases (i.e., the signal of small structures, like most vessels, is increased). 
Decreasing TR also helps to suppress the signal from the tissue that surrounds 
the vessel. The increase in PSF amplitude more than compensates for the 
decrease in the signal indicated in Eq. (15.35). A longer TR, however, does 
allow the use of a narrower receiver bandwidth A v, resulting in increased SNR 
because SNR oc 1/a/Av. When these three effects are considered together, we 
expect the net SNR for small structures to be independent of TR, at least in the 
approximation that the entire TR interval can be used to readout data, and the 
model-based calculations for the PSF to apply. 

To summarize, a short TR is valuable for CEMRA because it enables higher 
spatial resolution. There are, however, a number of practical limits to how fast 
the pulse sequence can be played. As TR -» 0, Eqs. (15.37) and (15.38) are no 
longer necessarily valid because the bolus could be considered a constant over 
the duration of the acquisition. The receiver bandwidth and partial-saturation 
effects are then dominant, and the SNR approaches zero. Such a pulse sequence 
is not practical anyway because the RF bandwidth approaches infinity, as does 
the SAR. Finally, gradient hardware and regulatory limits on peripheral nerve 
stimulation are soon exceeded. Minimum TR, however, is nearly always used 
in practice, and it falls in the range of TR = 2-10 ms, depending on imaging 
protocol and scanner hardware. Additional discussion of the trade-off between 
SNR and TR in CEMRA can be found in Heid and Remonda (1997), Pelc et al. 
(1998), and Parker et al. (1998). 



CEMRA Pulse Sequences Like TOF, CEMRA mainly uses spoiled 
gradient-echo pulse sequences. Because the signal enhancement does not rely 
on FRE, any imaging plane can be used. Often the coronal plane is preferred 
because aligning the frequency-encoding axis in the superior-to-inferior dir- 
ection provides excellent coverage of many vascular structures with minimal 
wraparound artifacts. 

Because speed is the primary design requirement for a CEMRA pulse 
sequence, a wide receiver bandwidth (Ad = ±32 to 128 kHz) is typically 
used in conjunction with partial-echo acquisition. In order to minimize TE 
and TR, gradient moment nulling is not used. To reduce minimum TE and 
simultaneously reduce the scan time, sometimes partial k-space acquisition 
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is used in two or even all three directions. As described in Section 13.4, no 
partial Fourier reconstruction can recover all the missing data, so the spatial 
resolution is anisotropic for that type of acquisition. CEMRA acquisitions 
can be divided into two main groups: those that repeatedly acquire the ima- 
ging volume, called time-resolved methods, and those that do not, called here 
single-phase methods. 

Single-Phase Methods Single-phase CEMRA devotes the entire acquisi- 
tion time to obtaining data for one set of 3D images. This strategy can increase 
spatial resolution and coverage. The drawback of single-phase methods is that 
they require a bolus timing method. The time between the injection and the peak 
enhancement of the vessel is called its circulation time. Methods to measure 
the circulation time include test bolus timing (Earls et al. 1997) and fluoro- 
scopic triggering (Wilman et al. 1997), which are described in Section 11.4. 
Automatic triggering methods are also used, as described in Foo et al. (1997). 

The elliptical centric view order (and related methods such as CENTRA) is 
commonly used for single-phase CEMRA. They are especially valuable when 
the venous enhancement follows quickly, as in the carotid-jugular system. If 
the center (i.e., approximately 10%) of k y k z space is acquired during arterial 
(but before venous) enhancement, only the edges of the veins are apparent on 
the image (Figure 15.23). The total acquisition time can be extended to the 
entire duration of arterial enhancement. That duration is often on the order 
of 1 min or longer. When imaging the renal arteries or other structures in the 
abdomen and thorax, however, the length of the patient's breath hold usually 
limits the maximal useful acquisition time. One minor drawback of using the 
elliptical centric order is that there are no natural break points at which to 
periodically apply chemical saturation pulses. 

Unlike CEMRA of arteries (arteriography), contrast-enhanced MR veno- 
graphy (Farb et al. 2003) does not place a premium on the speed of the 
acquisition. As long as the acquisition is started after the veins enhance, scan 
times of several minutes or more work well. This enables the acquisition of 
images with very high spatial resolution and SNR, as illustrated in Figure 1 5.24. 
The arterial signal is not suppressed in that image. 

Time-Resolved Methods Time-resolved CEMRA (Carr and Finn 2003) 
allows the visualization of various stages of vessel enhancement, including 
early, peak, and late arterial phases, as well as venous enhancement. 
Acquisition speed is at an even higher premium than in single-phase 
methods, so techniques such as SENSE are often used (Maki et al. 
2002). Time-resolved methods are particularly valuable for applications 
such as the bilateral imaging of the vessels of the legs, in which the 
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FIGURE 15.23 (a) Coronal CEMRA source image and (b) MIP, both displayed in 
inverse video. Note that only the edge of the jugular vein (hollow arrow) can be visu- 
alized on the source image because the elliptical centric view order is used. (Courtesy 
of John Huston III, M.D., Mayo Clinic College of Medicine.) 




FIGURE 15.24 MIP of a contrast-enhanced MR venogram at 3.0 T. One hundred ten 
1 .4-mm-thick slices are acquired in 3 min 36 s in the sagittal plane with a 320 x 320 
matrix and a 22-cm FOV. The TR = 5.3 ms, TE = 1.4 ms, and the flip angle is 25°. 
(Courtesy of Norbert Campeau, M.D., Paul McGough, M.D., and Gary Miller, M.D., 
Mayo Clinic College of Medicine.) 
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arterial enhancement of different vessels often occurs at substantially different 
times. Unless breath-holding is required, time-resolved techniques also free 
the operator from the need to measure the circulation time because one of 
the phases will probably catch the peak arterial enhancement of the vessel. 
Stationary tissue can be suppressed by subtracting a precontrast mask image 
on a pixel-by-pixel basis. A convenient feature of time-resolved methods is 
that they automatically provide several sets of mask images for the subtrac- 
tion. The main drawback of time-resolved methods is the intrinsic trade-off 
in MRI among acquisition time, spatial coverage, and spatial resolution. To 
optimize this trade-off, partial k-space updating methods such as keyhole or 
TRICKS (Section 1 1.3) can be used. TRICKS (Mistretta et al. 1998) has been 
preferred over keyhole for angiographic applications, because it periodically 
reacquires high-spatial-frequency data, which is important because the enhan- 
cing vessels are usually small. Another way to optimize the trade-off is to use 
angularly undersampled radial projection acquisition methods (Section 17.5). 
CEMRA is a particularly attractive application for these methods because the 
high contrast-to-noise ratio of the enhanced vessels makes the streak artifacts 
from the angular undersampling less objectionable (Peters et al. 2000). 

Another method to increase the temporal resolution in time-resolved 
CEMRA is to use a 2D thick-slab acquisition (i.e., a 2D projection) rather 
than a 3D volume (Wang et al. 1996). Because there is no slice encoding, the 
temporal resolution can be dramatically increased. If mask subtraction is used, 
it is helpful to perform a subtraction on the complex data rather than magnitude 
images to minimize partial-volume effects. 

Moving Table Methods Moving table or bolus chase (Leiner et al. 2000; 
Goyen et al. 2002; Meaney 2003) methods are another class of CEMRA tech- 
niques that follow or chase the propagation of a single bolus a long distance 
(i.e., 1 m or more). The bed or table on which the patient lies is moved so that 
the imaging volume follows the course of the first pass of a single injection of 
contrast agent as it proceeds toward the feet. Moving table methods have found 
application in the imaging of the arteries of the abdomen, pelvis, legs, and feet. 
3D volumes, usually in the coronal plane, are acquired at multiple locations, 
or stations. This technique is sometimes called step and shoot. Alternatively, 
the entire volume can be covered by continuously moving the table and acquir- 
ing one single volume (Kruger et al. 2002). The entire set of images is then 
reconstructed by appropriate interleaving of the data. 

15.3.3 Practical Considerations 

Signal-Loss Mechanisms Both TOF and CEMRA images display a bright 
(hyperintense) signal from blood. The absence or reduction of the signal can 
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indicate a narrowing of the vessel (i.e., a stenosis) or the presence of some 
other disease. Both TOF and CEMRA, however, can suffer from artifactual 
signal loss that is related to the imaging technique instead of disease. 

There are two main mechanisms of signal loss for TOF images. The first 
is signal saturation, caused by slow, in-plane, or recirculating flow. Regions 
of recirculating flow are commonly found in aneurysms or in the carotid bulb. 
Decreasing the flip angle, increasing TR, or decreasing T\ (by the injection of 
a contrast agent) can reduce signal saturation. 

The second signal-loss mechanism for TOF imaging is intravoxel dephas- 
ing due to complex flow, often occurring distal to a stenosis (Figure 15.25a). 
Using smaller voxels, reduced TE, or gradient moment nulling can sometimes 
counteract it. Signal saturation and intravoxel dephasing are caused by very 




FIGURE 15.25 Examples of signal loss in MRA. (a) Intravoxel dephasing on 2DTOF 
coronal MIP (arrow) distal to a tight stenosis depicted on a targeted MIP of a CEMRA. 
(b) Central dark stripe due to signal saturation in the petrous portion of the carotid artery 
on a 2DTOF source image, (c) Coronal MIP of a CEMRA showing 7 2 * dephasing in the 
right subclavian artery (hollow arrow) caused by its proximity to the right subclavian 
vein. The echo time is TE = 1 .6 ms. (Courtesy of John Huston III, M.D., Mayo Clinic 
College of Medicine.) 
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different flow patterns, but it is not always clear which mechanism is caus- 
ing signal loss on a TOF image. A well-known example is the dark center 
stripe image in the petrous portion of the internal carotid artery. It has been 
shown experimentally and with fluid dynamic calculations that the signal loss 
is caused by slow flow in the center of the vessel, resulting in signal satura- 
tion (Saloner et al. 1996). Figure 15.25b shows an example of this type of 
signal loss. 

CEMRA can also suffer signal loss, but the most common mechanisms are 
different than for TOF. One mechanism of signal loss in CEMRA is improper 
bolus timing (Maki et al. 1996). If the value assumed for the circulation time is 
too small, the scan will be initiated too early and there will be little or no contrast 
agent in the artery when the center of k-space is acquired. The elliptical centric 
view order is particularly sensitive to this artifact, but with proper training and 
equipment, the technical reliability of single-phase CEMRA can be excellent 
(Riederer et al. 2000). The second common signal-loss mechanism in CEMRA 
is r 2 * dephasing. This artifact is commonly observed on part of the subclavian 
artery that overlaps the subclavian vein because the bolus is still relatively 
undiluted in the latter vessel (Figure 15.25c). 7 2 * dephasing can be addressed 
by reducing TE or the voxel size. Also, the contrast agent can be prediluted or 
the injection rate reduced. 

Table 15.1 summarizes some of the signal-loss mechanisms commonly 
experienced with TOF and CEMRA acquisitions while providing the typical 
ranges of the acquisitions parameters. 



Angiographic Displays The acquisition methods described in this section 
yield a stack of source images with a hyperintense vessel signal. Any single 
image shows only a small portion of the vessel. Postprocessing methods such as 
MIP (Laub 1 990) and volume rendering are commonly used to follow the entire 
course of the vessel (Figure 15.20). For a detailed description of these methods 
see Cody (2002). Note that the same image-display postprocessing methods 
are used in both MR A and computed tomography angiography (CTA). One 
advantage of MRA is that the background tissue (fat, muscle, etc.) is usually 
easier to segment out than the surrounding bone on CTA images. Examples of 
a few of the commonly used angiographic displays are shown in Figure 15.20. 

MIP is the most commonly used postprocessing technique. It projects a 
3D data set onto a 2D image by forming rays through the stack of images. 
As its name implies, only the maximum pixel value along any ray is retained 
on the 2D display. Although MIP is very widely used, it has flaws. MIP does 
not provide any depth information; however, a series of MIP images from 
various projection angles can be played in a cine loop to give an impression of 
a spinning 3D display. Also an intense signal (e.g., from lipids or other vessels) 
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Table 15.1 
Summary of Acquisition Parameters Used in TOF and CEMRA 



MRA 

Technique 2DTOF 



Typical TR 20-30 ms 

range 

Typical TE 4-8 ms 

range (minimum) 



25-50 ms 



25-50 rr 



2-10 ms 



2-7 ms 2-7 ms 0.5-2 ms 

(minimum or (minimum or (minimum) 
fat-water out fat-water out 
of phase) of phase) 

20-30° 20-40° 30-60° 



range 










Flow 


Frequency 


See text 


See text 


None 


compensation 


and slice 








Spatial 


Yes 


Optional 


Yes 


No 


saturation 










MT 


No 


Typically yes 


Typically yes 


No 


Signal-loss 


In-plane or 


Slow flow, 


Venetian blind 


Improper 


mechanism(s) 


retrograde 


intravoxel 


artifact, very 


bolus 




flow, 


dephasing 


slow flow, 


timing, T£ 




intravoxel 




intravoxel 


dephasing 




dephasing 




dephasing 





can obscure a vessel. For this reason, the source images are often preprocessed 
before MIP by carving away unwanted voxels. The result is called a subvolume 
or targeted MIP, and an example is shown on Figure 15.20e. Another useful 
method is a sliding thin-slab MIP (Napel et al. 1993), which forms the MIP 
from a limited number of source images (Figure 15.20b). It is important to 
remember that MIP discards all but the most intense pixel value in a ray, so 
it can artifactually narrow vessels, which can lead to the overestimation of 
stenosis (Anderson et al. 1990). For that reason, it is important to retain the 
source images for later review. 
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16.1 Echo Planar Imaging 

Echo planar imaging (EPI) is one of the fastest MRI pulse sequences 
(Mansfield 1977). With modern gradient and RF hardware, EPI is capable 
of producing a 2D image in only a few tens of milliseconds (Figure 16.1). 




FIGURE 16.1 An example of a single-shot echo planar image of the brain. The 
acquisition time of this 128 x 128 image is 86 ms. 
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This ultrafast imaging speed has played an important role in the development 
of a number of challenging and exciting MR applications, such as diffusion 
imaging, perfusion imaging, neurofunctional brain mapping, cardiac imaging, 
dynamic studies, and real-time imaging. 

An EPI pulse sequence differs from conventional pulse sequences (such 
as spin echo and gradient echo), mainly in the ways that the readout and 
phase-encoding gradients are applied. EPI employs a series of bipolar readout 
gradients to generate a train of gradient echoes. With an accompanying phase- 
encoding gradient, each gradient echo is distinctively spatially encoded so that 
multiple k-space lines can be sampled under the envelope of a free-induction 
decay (FID) or an RF spin echo. Unlike rapid acquisition with relaxation 
enhancement (RARE; Section 16.4), EPI uses a gradient-echo train, instead of 
an RF spin-echo train, to accelerate data acquisition. Because gradient echoes 
can be produced at a much faster rate than RF spin echoes, EPI generates an 
image in a considerably shorter time. For example, it is quite typical for an 
EPI pulse sequence to produce MOO gradient echoes so that a low-resolution 
2D image can be constructed from a single RF excitation (i.e., single shot). 
Although segmented k-space acquisition is also possible with multiple excita- 
tions, EPI is often used as a single-shot technique to obtain a snapshot image in 
well under a second. The basic principles underlying EPI pulse sequence design 
are discussed in subsection 16.1.1, and three common EPI pulse sequences, 
spin-echo EPI, gradient-echo EPI, and inversion recovery EPI, are presented 
in subsection 16.1.2. 

EPI pulse sequences can be used for either 2D or 3D acquisitions, but the 
vast majority of EPI applications are based on 2D sequences that use ortho- 
gonal readout, phase-encoding, and slice-selection gradient waveforms. The 
slice-selection gradient waveform is essentially the same as that employed in a 
conventional spin-echo or gradient-echo sequence. The characteristic readout 
and phase-encoding gradients, however, produce k-space trajectories that are 
different from conventional gradient waveforms. The resulting data require 
additional processing prior to image reconstruction using 2D Fourier trans- 
forms or gridding. Specific issues for EPI image reconstruction are briefly 
discussed in subsection 16.1.3. 

Compared to conventional spin-echo and gradient-echo imaging, EPI is 
more prone to a variety of artifacts. A prominent EPI artifact is ghosting 
along the phase-encoded direction. Many system imperfections and physi- 
cal phenomena (e.g., eddy currents, asymmetric anti-aliasing filter response, 
concomitant magnetic fields, mismatched gradient group delays, and hyster- 
esis) can all lead to ghosts in EPI. These ghosts, often referred to as Nyquist 
ghosts, can be reduced or removed using a number of calibration, reconstruc- 
tion, or postprocessing techniques. Chemical shift artifacts of the first kind 
(Section 11.1) have a unique appearance in echo planar images. Displacement 
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due to chemical shifts is typically negligible along the EPI readout direction, 
but becomes very severe (e.g., 25% of the FOV) along the phase-encoded dir- 
ection. To address this problem, lipid suppression is almost always required 
in EPI pulse sequences. Similar to chemical-shift-induced displacement, off- 
resonance effects arising from magnetic susceptibility variations (e.g., from 
tissue-air interfaces or metallic implants), Bo-held inhomogeneities, eddy cur- 
rents, and concomitant magnetic fields (Section 10.1) can severely distort 
echo planar images and lead to signal loss. In addition, 7 2 * decay during the 
formation of the gradient echo train causes image blurring. These commonly 
encountered artifacts and their cures are discussed in subsection 16.1.4. 

EPI is an especially broad subject that involves many areas of MR imag- 
ing, including gradient and RF hardware design, image reconstruction, signal 
processing, safety considerations, applications, and pulse sequences. An 
exhaustive coverage of all these aspects is beyond the scope of this section. 
Instead, we focus on the basic principles in EPI pulse-sequence design and 
the associated issues with image reconstruction and artifact reduction. The 
interested reader is referred to Schmitt et al. (1998) for additional information. 

16.1.1 Principles of Echo Planar Imaging 

Conventional Gradient Echo versus EPI First consider a simple gradient- 
echo pulse sequence shown in Figures 1 6.2a and b. Following the RF excitation 
pulse, the magnitude of the transverse magnetization M± decays according to 

M x (0 = M ± (0)e~ !/T 2 (16.1) 

where the decay constant 7 2 * is defined as in Section 14.1. The half- 
lifetime of the transverse magnetization is given by T£ In 2. Suppose the 
transverse magnetization can be used to produce usable signals within 2 half- 
lifetimes. For a tissue with a TJf of ~60 ms, the usable acquisition window is 
2 x T 2 * x ln(2) ~ 83 ms. In the gradient-echo pulse sequence in Figure 16.2b, 
if a receiver bandwidth of Av = ±64kHz is used to sample 256 complex 
k-space data points, the acquisition time (i.e., the time when the A/D converter 
is sampling data) is T acq = 256 x (1/(2 x 64)) = 2 ms per TR interval. Thus, 
a very small fraction (i.e., 2 ms) of the transverse magnetization lifetime (i.e., 
83 ms) is actually used for data acquisition. 

EPI is a technique that maximally uses the transverse magnetization 
without additional RF excitations. Unlike the conventional gradient-echo 
sequence, EPI produces a series of gradient echoes with a bipolar oscillat- 
ing readout gradient before the transverse magnetization decays away due to 
7 2 * relaxation (Figure 16.2c). Each gradient echo in the echo train is individu- 
ally phase-encoded so that multiple views (or k-space lines) can be covered 



16.1 Echo Planar Imaging 




J^^j^UJJJ 



FIGURE 16.2 (a) An RF excitation pulse and comparison between (b) conventional 
gradient-echo acquisition and (c) EPI acquisition. 

in a single RF excitation. The number of gradient echoes produced following 
an RF excitation is known as the echo train length (or ETL), denoted by A/ et i 
here. Typically, the echoes in the echo train are evenly spaced. The interval 
between two adjacent echoes is known as the echo spacing (or ESP), denoted 
by f esp - The concepts of ETL and ESP in EPI are very similar to those in RARE, 
except that gradient echoes are used instead of RF spin echoes. (For simplicity, 
we have used the same symbols to denote ETL and ESP as in Section 16.4 
on RARE.) 

As in RARE, ETL directly determines the scan-time reduction factor in EPI 
pulse sequences. Keeping the total sampling duration (as determined by the tis- 
sue T 2 *) fixed, the maximal ETL is inversely proportional to ESP. The minimal 
f eS p depends on many factors, such as the gradient slew rate, gradient amplitude, 
receiver bandwidth, and the k-space matrix size along the readout direction. 
On EPI-compatible scanners, f esp is typically on the order of 1 millisecond or 
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less, which is considerably shorter than r esp in RARE sequences. Although 
r 2 * is shorter than T2, the substantial reduction in / e sp generally outweighs 
the shortened transverse magnetization lifetime, leading to a longer ETL and 
making EPI faster than RARE. 

Example 16.1 Consider a spin system with an average T 2 * relaxation time of 
60 ms. If an EPI pulse sequence is used to acquire multiple gradient echoes 
prior to the time when the transverse magnetization M±(t) = 0.2A/l(0), what 
is the maximal N et \ that can be acquired, assuming / e sp = 1 ms ? 

Answer The transverse magnetization decays according to Eq. (16.1). Sub- 
stituting M±(t) = 0.2 Mj_(0) and T 2 * = 60ms into that equation, we obtain 
/ = 96.6 ms. If ? e .sp = 1ms, then the maximal N et \ = mt (t/t esp ) = 
int(96.6ms/l ms) = 96. This ETL is considerably longer than the one 
calculated in Example 16.9 for RARE. 



EPI Readout Gradient 

The readout gradient waveform in EPI starts with a prephasing gradient 
Gjt iP , followed by a series of readout gradient lobes (G x< \, G X 2, G x j, . . .) 
with alternating polarity, as shown in Figure 16.3. (As in many other sections 
of the book, we use subscripts x and y to denote the readout and phase-encoded 




FIGURE 16.3 A bipolar EPI readout gradient waveform and its associated k-space 
trajectory. The dotted horizontal line shows zero gradient amplitude. G XiP is a pre- 
phasing gradient lobe. The readout gradient lobes are labeled as G x ,\, G Xt 2, etc. The 
prephasing lobe k-space trajectory is represented by the hollow arrow. The solid arrows 
show the k-space trajectory of the readout gradient lobes. 
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directions, respectively.) The polarity of the prephasing gradient G xp is oppos- 
ite to that of the first readout gradient lobe G x , \ , unless G x , p occurs prior to the 
RF refocusing pulse that negates the phase of the magnetization. The preph- 
asing gradient area positions the k-space trajectory to k x , mm so that a k-space 
line spanning from k x _ m \ n to k x , m . dX can be acquired during the first readout 
window. Typically, ^. min = -& v . max as shown in Figure 16.3, although & x , min 
can take other values in sequences such as mosaic EPI (see subsection 1 6. 1 .2). 
When ^.min = — &*.max. the area of G vp must be one-half the first readout 
gradient area (see Figure 8.7a in Section 8.1). At the end of the G x \ lobe, 
the k-space trajectory is placed at k x — k x _ max , which is opposite to that at 
the end of the prephasing readout gradient (i.e., k x = -k x , max ). The second 
half of G r , i lobe serves as a prephasing gradient for the second readout G x ^, 
provided that the polarity of G x , 2 is opposite to that of G Xt \ . (This is why the 
polarity of the readout gradient lobes must alternate throughout the echo train.) 
With this prephasing gradient, a k-space line traversing from k x , mm to -A: A . max 
is acquired at the second readout (Figure 16.3). In general, the second half of 
any readout gradient lobe functions as a prephasing gradient for the subsequent 
readout gradient lobe. Thus, except for the first readout, prephasing gradient 
lobes are not needed to produce a train of gradient echoes. 

Recall the definition of k-space in Section 1 1 .2, k(t ) = (y /2rc ) f G{i')dt'. 
With a bipolar readout gradient, the direction of the EPI k-space trajec- 
tory alternates in accordance with the readout gradient, producing a set of 
k-space lines with the following pattern: (-Ar v .„ ia x — ► £.v.max. ^.v.max -* 
-k x . max- ~k x . max -* ^.v.max- • ■ •)■ The reversal of k-space trajectory dir- 
ection for every other gradient echo must be corrected for prior to image 
reconstruction ^subsection 16.1.3). 

To generate a series of gradient echoes centered at each readout window, 
the area A, of each gradient lobe in the readout gradient waveform is required 
to satisfy Eq. (16.2) 



-A/2 



where j is the index of the gradient echoes. Although this condition does not 
necessarily require all gradient lobes to have the same amplitude and the same 
shape (see an example in skip-echo EPI discussed in subsection 16.1.5), the 
EPI readout gradient typically consists of a series of identical readout gradient 
lobes with alternating polarity. Three common readout gradient waveforms are 
shown in Figure 16.4. 
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FIGURE 16.4 Three representative readout gradient waveforms: (a) trapezoid, 
(b) sinusoid, and (c) catch-and-hold. 



Trapezoidal Readout Gradient A trapezoidal gradient lobe in the readout 
idient waveform in Figure 16.3a can be mathematically expressed as: 



Gtmp(0 = 



5 R (r + r 2 ) t€[-t 2 ,-t\) 
G x re[-/i,/i) 

5r(? 2 -0 te[ti,t 2 ) 



(16.3) 



where 5r is the slew rate for the gradient ramps, G x is the gradient amplitude, 
and the timing parameters are defined in Figure 16.5a (assuming symmetry; 
i.e., that the ascending and descending ramps are of equal duration). Using the 
k-space definition given in Section 1 1 .2 and assuming a prephasing gradient 
preceding G trap (t) with an area of —G x (t\ + t 2 )/2, we can readily show that 
the readout k-space trajectory during this gradient lobe is: 

.) 



SR(t + t 2 ) 2 -G x (t\+t 2 ) 


t € [-t 2 , -t 


2G x t 


t e [-/i,fi) 


2G x t\ +2S R t 2 (t - n) + S R (tj - 


2 ) te[t u t 2 ) 



(16.4) 

which is graphically shown in Figure 16.5b. k-Space data acquisition can be 
performed either during the plateau portion of the trapezoid (/ € [—t\ , t\ )) or 
during the entire gradient lobe including the ramps (t e [—t 2 , t 2 )). The latter 
approach is known as ramp sampling (Chen et al. 1986). Ramp sampling can 
be thought of as the data acquisition analog of variable-rate RF pulses, which 
are described in Section 2.4. 
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FIGURE 16.5 A trapezoidal gradient lobe (a) and the relationship between t and 
readout k-space variable k x (b) and (c). When a constant sampling rate is used in the 
time domain, the k-space samples are nonlinear during the gradient ramps, (a) and (b). 
To achieve equidistant sampling in k-space, the dwell time becomes variable on the 
ramps, (a) and (c). 

When data acquisition occurs only during the plateau of the trapezoid, 
k-space samples are linearly related to the time-domain signal (the second line 
of Eq. 16.4; also the central portion in Figures 16.5b and c). Thus, signals 
digitized with a constant dwell time (i.e., fixed bandwidth) can be directly 
used for fast Fourier transform without regridding. The acquisition time for a 
single echo is given by (see Eqs. 8.10 and 8.13): 



2Av 



(16.5) 



where 2 A v is the full receiver bandwidth, n x is the number of complex k-space 
data points along the readout direction, and L x is the readout FOV. T acq is a 
major contributor to ESP. To maximize the ETL within the lifetime of the trans- 
verse magnetization, the acquisition time for each echo must be minimized. 
Thus, according to Eq. (16.5), a wide receiver bandwidth should be used and 
the number of sampling points is often restricted to 64-128. Generally a wide 
receiver bandwidth results in decreased SNR (Recall that SNR oc 1/a/Av, as 
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discussed in Section 1 1.6). However, a wide receiver bandwidth also reduces 
the effect of T 2 * -induced signal decay, which can increase the SNR. The net 
effect on SNR depends on specific values of T 2 *, r acq , and the bandwidth. 
Another implication of Eq. (16.5) is that the readout gradient amplitude must 
be increased to match the increased bandwidth. For most EPI applications 
on human subjects, a receiver bandwidth in the range of 1 00 kHz to 1 MHz 
generally can provide a good compromise among echo spacing, SNR, and the 
available gradient strength. 

Without ramp sampling, the minimal ESP is given by (assuming ESP is 
solely determined by the readout gradient waveform): 

'esp.min = T acq + 2(t 2 - /j ) = ~^T + — - (16.6) 

yL x G x Sr 



Although Tacq can be reduced with a wide receiver bandwidth and an accom- 
panying strong readout gradient G x , time spent on the ramps, 2(t2 — t\), 
increases with the gradient strength and can cause a net increase in ESP for 
gradient systems with low slew rate, as shown in Example 16.2. 

Example 16.2 An EPI scan without ramp sampling is performed with the 
following parameters: Av = ±62.5 kHz, n x = 128, L x = 22 cm, and Sr = 
120T/m/s. (a) What is r e s P ,min as defined in Eq. (16.6)? (b) If A v is increased 
to ±125 kHz, what is f e sp,min? (c) If 5 R = 20T/m/s instead, recalculate (a) 
and (b). 



(a) According to Eq. (16.5): 

n x 128 



2Av 2 x 62.5 



1.024ir 



4jtAv 4tt x 62.5 

G x = = = 3.3mT/m 

yL x lit x 4.257 x 22 ' 



'esp.min = T acq + — ^ = 1.024 + * ' = 1.246 ms 
^r lzu 

(b) If A v is increased to ±125 kHz, then r acq is halved and G x is doubled. 
Therefore: 

2G X 2 x 26.6 

'esp.mm - T acq + — ^ = 0.512 + = 0.955 ms 

or 12L) 
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Because the slew rate is relatively high in this case, increasing the 
receiver bandwidth results in a reduction in ? e sp.min- 
(c) With a slower slew rate of 20T/m/s and a bandwidth of ±62.5 kHz, 



2G X 2 x 13.3 

'esp.mm = T acq + — ^ = 1.024 + = 2.354 ms 

Sr 10 

When Av is increased to ±125 kHz: 

2G X 2 x 26.6 

'esp.min = Tacq + — = 0.512 + ^ = 3.172ms 

Sr 20 

In this case, increasing the receiver bandwidth does not lead to a shorter 
^esp.min because of the slower slew rate. Considerable time (2.66 ms) 
is wasted to ramp up and down the gradient, leading to a net increase 



A longer ESP not only compromises the EPI data acquisition efficiency, 
but also exacerbates image artifacts such as distortion, chemical shift displace- 
ment, signal loss, and blurring (subsection 16.1.5). One way to shorten ESP 
is to increase the slew rate through gradient hardware design (e.g., increas- 
ing the driving voltage of the gradient amplifier or reducing the inductance of 
the gradient coils). Slew rates above certain thresholds, however, can cause a 
number of patient safety concerns, including pain, peripheral neurostimulation 
(e.g., muscle twitching), induced respiration, and even cardiac magnetostimu- 
lation (e.g., systolic excitation and fibrillations) (Shellock and Kanal 1994; 
Cohen et al. 1990). Another approach is to use ramp sampling so that the idle 
time on the ramps is eliminated by acquiring k-space data during the entire 
trapezoidal lobe. 

To achieve the same spatial resolution with and without ramp sampling, 
the trapezoidal gradient area (i.e., the maximal extent of k-space) with ramp 
sampling must equal to T acq G x given by Eq. (16.5). If the same acquisition 
time r acq is used with and without ramp sampling, then the readout gradient 
amplitude must be increased to: 

G x ' = ^9 G x (16.7) 

where r ramp is the ramp time (i.e., r ramp = tj — t\ in Figure 16.5a). Because 
Tramp = G x '/Sr, the gradient amplitude G x ' for ramp sampling can be 
obtained by solving a quadratic equation: 

(G/) 2 - r acq 5 R (G/) + T acq S R G x = (16.8) 
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For nonoblique scans, the increased gradient amplitude G x cannot exceed 
the maximal gradient strength h available on the scanner. For oblique scans, 
the maximal allowed value of G x depends on both the oblique angles and h 
(Section 7.3). With the increased gradient amplitude, the receiver bandwidth 
must be increased accordingly to maintain the same FOV, resulting in a larger 
number of k-space samples n x : 

n x > ^-n x (16.9) 

where equality in Eq. (16.9) represents the minimally required number of data 
points to satisfy the Nyquist sampling criterion. In practice, the exact value of 
n x also relies on the clock rate of the A/D converter, as shown in Example 1 6.3. 

Example 16.3 An EPI pulse sequence without ramp sampling has the follow- 
ing parameters: n x = 128, G* = 15mT/m, and r acq = 0.512 ms. When ramp 
sampling is used, the readout gradient must be increased to G x = 21 mT/m. 

(a) What is the minimally required number of samples with ramp sampling? 

(b) If a digitizer with a 2-MHz clock is used for ramp sampling, determine the 
actual number of samples. 

Answer 

(a) According to Eq. (16.9), n x ' > (G x '/G x )n x = f± x 128 « 180. 

(b) For a digitizer with a 2-MHz clock, the dwell time must be integer 
multiples of 0.5 |is. Given that the total acquisition time is 0.512 ms, 
the number of points actually acquired is 205, which is the closest 
number to 180 with a dwell time of 2.5 /us. 

With ramp sampling, the linear relationship between k-space variable and 
time does not hold any more (Eq. 16.4). An evenly sampled time-domain 
signal becomes unevenly spaced when mapped to k-space (Figure 16.5b). For 
example, using the first line of Eq. (16.4) to analyze the ascending ramp in 
Figure 16.5a, k-space sampling interval Ak x is related to the dwell time At by: 



Ak x = AtJ[yS R (kAt)-k x (-t 2 ))]/jr (16.10) 

indicating Ak x varies with k x (or time t). The skewed k-space data can be 
restored to an evenly spaced linear array using one of the gridding techniques 
discussed in Section 13.2, prior to image reconstruction with a fast Fourier 
transform. The oversampled data points shown in Eq. (16.9) are typically 
interpolated (e.g., using a SINC kernel) to the uniformly spaced k-space grid 
of n x . The major disadvantage of this approach is the longer computational 
time needed for gridding. 
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An alternative approach to addressing the nonlinear relationship between 
Ak x and At is to sample the time-domain signal at a nonconstant rate so 
that the k-space samples are equally spaced (Figure 16.5c). This method is 
sometimes referred to as nonlinear sampling (Ordidge and Mansfield 1984). 
In nonlinear sampling, the gradient amplitude also needs to be scaled according 
to Eq. (16.7), but the number of k-space points n x can be kept the same as 
n x if each At produces the same gradient area. For the ascending ramp in 
Figure 16.5a, this requirement can be explicitly expressed as: 



At-- 



2k 
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(16.11) 



Nonlinear sampling eliminates the need for gridding and allows the k-space 
data acquired to be directly used for fast Fourier transform; however, most 
receivers are not designed to sample data in this mode (see Section 11.1). 
Thus, nonlinear sampling is less commonly used then the fixed-rate sampling 
discussed previously. 

Sinusoidal Readout Gradient A sinusoidal gradient waveform (Figure 
16.4b) is typically produced by resonant gradient coils, where the coil induct- 
ance and capacitance form an LC resonant circuit with a resonance frequency 
of Q = \/(2tz VLC) (Nowak et al. 1989). Typically Q is ~1 kHz. Due to 
resistive loss in the coil and cable, an external voltage source must be provided 
to maintain a constant amplitude of the sinusoidal current. 

With a sinusoidal readout gradient lobe G x (t) = G x cos(2nQt) 
(Figure 16.6a) and a prephasing gradient with an area of -G x /(2jt£2), the 
k-space variable k x becomes: 
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FIGURE 16.6 (a) A sinusoidal readout gradient lobe and (b) its k-space variable k x 
as a nonlinear function of time t. 
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which is nonlinear with respect to time t during the entire gradient lobe 
(Figure 16.6b). The time- varying gradient amplitude makes ramp sampling the 
only option for a sinusoidal readout gradient. Either of the two ramp-sampling 
approaches (i.e., constant A? or constant Ak) shown in Figure 16.5 can be 
adapted to sampling under a sinusoidal gradient. Compared to a trapezoidal 
readout gradient without ramp sampling, the sinusoidal readout gradient must 
increase its amplitude by a factor of n/2 if the same acquisition window is used. 
(The interested reader can derive this result based on conservation of the gradi- 
ent area, as used in the derivation of Eq. 1 6.7.) When the sampling strategy with 
constant Af is used, the number of k-space samples must also be increased by 
7r/2 ~ 1 .57 to maintain the same FOV and spatial resolution. For example, if a 
trapezoidal readout gradient without ramp sampling uses n x = 64, n x ' should 
be increased to at least 101 when a sinusoidal readout gradient is employed. 
The k-space data are typically interpolated to an equidistance grid along the k x 
direction. The interpolation algorithms are discussed in Zakhor et al. (1991) 
and Bruderet al. (1992), as well as in Section 13.2. Alternatively, a generalized 
transformation can be employed (Bruder et al. 1992). 

Catch-and-Hold A hybrid readout gradient that combines the features 
of trapezoidal and sinusoidal readout gradient waveforms is depicted in 
Figure 16.4c. The linear ramps of a trapezoidal gradient are replaced with one- 
quarter cycle of a sinusoidal function. This waveform is sometimes referred 
to as catch-and-hold. Similar to the trapezoidal waveform, the catch-and- 
hold waveform can be used with or without ramp sampling. Without ramp 
sampling, the situation is essentially identical to that described previously. 
With ramp sampling, data acquisition on the ramps is similar to that with two 
halves of sinusoidal lobes. Details on gradient amplitude, receiver bandwidth, 
and number of k-space points can be derived analogously. 

EPI Phase-Encoding Gradient 

Similar to the readout gradient, the EPI phase-encoding gradient also starts 
with a prephasing gradient lobe with an area of A p>p (Figure 16.7), prior to 
the generation of the EPI echo train. This prephasing gradient determines the 
initial position of k-space sampling along the phase-encoded direction. Any 
gradient lobe shape can be used, as long as the area satisfies a predetermined 
value (see Example 16.4). If an RF refocusing pulse is used in the sequence, 
the prephasing gradient lobe can be played before the refocusing pulse, but 
its polarity must be reversed to counteract the phase reversal effect by the 
refocusing pulse. 

Following the prephasing gradient, an EPI phase-encoding gradient wave- 
form can be played in one of two ways. In the first approach, a constant 
phase-encoding gradient G y is used throughout the entire readout echo 
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FIGURE 16.7 Two EPI phase-encoding waveforms: (a) constant gradient G v , and 
(b) blip gradients G v .i, G v .2, G v .3, ... , G v .„. Both waveforms generally use a preph- 
asing gradient with an area of A p . p . To illustrate the relationship with readout gradient, 
a trapezoidal readout gradient waveform is also shown. 




FIGURE 16.8 k-space trajectories (a) and (b) corresponding to the phase-encoding 
gradient waveforms (a) and (b) in Figure 16.7. The dotted diagonal lines show the 
trajectory of the prephasing gradients. 



train (Figure 16.7a). Thus, the k-space variable along the phase-encoded 
direction (k y ) varies linearly with time. The phase-encoding gradient, in con- 
junction with the readout gradient, produces a zigzag k-space trajectory shown 
in Figure 16.8a. When the phase-encoding gradient area equals A p>p , the center 
of k-space (k y = 0) is sampled. Because the k-space data points do not fall 
onto a rectilinear grid, k-space regridding is required prior to image reconstruc- 
tion. With the zigzag k-space trajectory in Figure 16.8a, the k-space sampling 
interval Ak y is constant only at k x — 0. This constant Ak y can be used to 
determine the phase-encoding gradient amplitude G y by using the relationship 
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Ak y = l/Ly (where L y is the FOV along the phase-encoded direction): 

G y = -p— (16.13) 

Analogous to the dwell time during the readout (see Eq. 1 1 .2), / e sp is the effec- 
tive dwell time for the phase-encoding process because it represents the time 
between k y sample points at k x = 0. It corresponds to a full bandwidth of 
Av p hase = 1 Aesp> which is sometimes referred to as the phase-encoding band- 
width to distinguish it from the readout bandwidth discussed in Section 11.1. 
(Note that Av p |, ase is conventionally defined as the full bandwidth instead of 
half -bandwidth defined for the readout direction in Section 11.1.) Because f e sp 
is typically on the order of 1 ms, which is considerably longer than the readout 
dwell time (e.g., a few microseconds), the phase-encoding gradient amplitude 
is generally two to three orders of magnitude smaller than the corresponding 
readout gradient amplitude. 

Example 16.4 An EPI pulse sequence with f esp — 1 ms is used to form an 
image over a FOV of 20 cm. (a) If a constant phase-encoding gradient is used 
with a linear ramp at a slew rate of 50T/m/s, what is the phase-encoding 
gradient amplitude? (b) If the sixteenth echo is used to sample the center 
of k-space, what is the prephasing gradient area along the phase-encoded 
direction? 

Answer 

(a) Using Eq. (16.13), the constant phase-encoding gradient amplitude is 
calculated to be: 



2tt x 4.257 x 20 x 1 



= 0.0117G/cm = 0.117mT/m 



(b) With a slew rate of 50 T/m/s, the ramp time for the phase-encoding 
gradient is r ramp = 0.117/50 = 2.34 \xs. The gradient area at the 
center of the sixteenth echo is: 

Aphase = l -T mmp G y + Q + 15^ fespGy 

= ( - x 2.34 x 10 -3 + ( - + 15 j x 1 ) x 0.117 
= 1.81 mT • ms/m 

Thus, the prephasing gradient area should be A p-p = - A p h aS e = 
— 1.81 mT • ms/m, if the prephasing gradient is applied immediately before the 
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phase-encoding gradient, as shown in Figure 16.7a. If the prephasing gradi- 
ent is played before an RF refocusing pulse, then the gradient area should be 
1.81mT-ms/m. 

The second approach to applying the phase-encoding gradient is to use 
a series of blips G y j with the same polarity and typically identical area 
Abiip (Chapman et al. 1987) (Figure 16.7b). Each blip is played before the 
acquisition of an echo, resulting in a k-space trajectory shown in Figure 16.8b. 
The phase-encoding gradient area is accumulated throughout the echo train. 
Thus, the k-space value (or the phase-encoding value) at the jth echo is 
given by: 

kyj = £- (A p , p + (j - DAwip) (16.14) 

where A PiP controls the starting position of the k-space trajectory (dashed gray 
line in Figure 16.8b), and the maximum value of j determines the final k-space 
location (j = 1, 2, . . . , n y ). Using the relationship Ak y = \/L y , At,ii p can be 
calculated with: 

Abhp = -^ (16.15) 

yL y 

Any gradient lobe shape can be used for the blip phase-encoding gradient, 
as long as the gradient area requirement is satisfied. Because Abu p is generally 
very small, a triangular gradient lobe shape is frequently employed. It is worth 
noting that, unlike that in RARE, the phase-encoding gradient area can accumu- 
late throughout the echo train without the need of a phase-rewinding gradient, 
because EPI pulse sequences are not subject to the CPMG conditions discussed 
in Section 16.4. With a blip phase-encoding gradient, k-space samples can be 
evenly spaced along the phase-encoded direction, which eliminates the need 
for gridding. 



16.1.2 Basic Echo Planar Imaging Pulse Sequences 

Gradient-Echo EPI A representative 2D gradient-echo EPI (also known 
as GRE-EPI or GE-EPI) pulse sequence is shown in Figure 16.9. The pulse 
sequence starts with a selective excitation pulse to produce an FID signal. 
Under the envelope of the FID, a series of spatially encoded gradient echoes are 
produced using any combination of the readout and phase -encoding gradient 
waveforms described in subsection 16.1.1. Because the TR of EPI is typically 
much longer than that of a conventional gradient-echo pulse sequence, the flip 
angle of the excitation pulse is typically set to 90° to maximize the SNR (i.e., 
the Ernst angle 0e ~ 90°). To suppress the chemical shift artifacts (subsec- 
tion 16.1.5) caused by lipid signals, the excitation pulse is often designed as a 
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FIGURE 16.9 An example of a gradient-echo EPI pulse sequence. The spatial-spectral 
excitation pulse can be replaced by a slice-selection pulse preceded by a spectrally 
selective pulse to suppress lipid signals. For simplicity the optional spoiler gradient at 
the end of the sequence is not shown. 



spatial-spectral pulse (Section 5.4), especially when a fast gradient slew rate 
is available so that the pulse width can be made short. Alternatively, a spec- 
trally selective pulse (Section 4.3; not shown in Figure 16.9) is used before the 
excitation pulse to saturate the lipid signals. In that case, the excitation pulse 
typically has linear or minimum phase. The shorter isodelay of a minimum 
phase pulse can reduce the signal loss due to T 2 * decay, resulting in a slightly 
longer time window for echo train generation. The slice-selection gradients 
for a spatial-spectral pulse, a linear-phase excitation pulse, and a minimum 
phase excitation pulse are discussed in Sections 5.4 and 2.3. At the end of the 
pulse sequence, a spoiler gradient (not shown in Figure 16.9) is often employed 
to dephase any remaining transverse magnetization before the next excitation 
pulse is applied. 

In gradient-echo EPI, each k-space line along the phase-encoded direction 
is acquired at a different TE. The amplitude of the corresponding gradient echo 
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decays according to: 

S(n) = S e~ TE(n)/T 2 (16.16) 

where n is the echo index in the echo train and So is the signal at time zero 
(i.e., the isodelay point of the excitation pulse). Because the image contrast 
is predominantly determined by the TE value when the central k-space lines 
are acquired, the effective TE (denoted by TE e ff) is defined as the TE that 
corresponds to the central k-space line, i.e., TE e ff = TE(fc v = 0). The position 
of the central k-space line in the echo train can be controlled by adjusting A PiP , 
as shown in Example 16.4. In gradient-echo EPI, the polarity of A p?p is always 
opposite to that of the phase-encoding gradient. If | A pp | is increased, then it 
takes more time for the phase-encoding gradient to accumulate enough area to 
balance A pp . Thus, a later echo in the echo train is used to sample the central 
region of k-space, resulting in an image with heavy 7 2 * weighting. Conversely, 
if |A pp | is decreased, an image with less T£ contrast is produced. 

The T 2 * contrast plays an important role in neurofunctional MRI (fMRI) 
because increased blood flow during neuronal activation results in an increase 
in the blood oxygenation level, which prolongs the local r 2 * value (Thulborn 
et al. 1982). The increase in image intensity due to the 7 2 * change is detected and 
statistically analyzed to highlight the functional activation area. This contrast 
mechanism is known as blood oxygenation level dependent (BOLD) contrast 
(Kwong et al. 1992). At 1.5 T, a TE eff value of -40-60 ms is typically used 
to obtain an adequate BOLD contrast without considerably compromising the 
image SNR. At higher magnetic fields, the increased magnetic susceptibility 
effect shortens 7 2 *. Thus, the TE e ff must be adjusted accordingly (e.g., TE e ff = 
25-30 ms at 3.0 T) to rebalance the contrast and SNR of the gradient-echo EPI. 



Spin-Echo EPI A 2D spin-echo EPI (SE-EPI) pulse sequence comprises 
two selective RF pulses, one excitation pulse with a typical flip angle of 90°, 
and a refocusing pulse with a flip angle of 180° (Figure 16.10). Similar to 
gradient-echo EPI, the excitation pulse can be a spatial-spectral pulse or a 
pulse with linear or minimum phase preceded by a spectrally selective pulse 
to suppress lipid signals. The refocusing pulse is typically a SINC pulse or 
linear phase SLR pulse. The two RF pulses generate a spin echo as described 
in Sections 3.3, 8.1, and 14.3. During a time window around the peak of the 
spin echo, EPI readout and phase-encoding waveforms are played to produce 
a series of spatially encoded gradient echoes. Like gradient-echo EPI, spin- 
echo EPI relies on gradient echoes to sample k-space lines, except that the 
gradient echoes are formed under the envelope of a spin echo instead of an 
FID. The slice-selection gradient waveform is essentially identical to that in a 
conventional spin-echo pulse sequence. 
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FIGURE 16.10 An example of a spin-echo EPI pulse sequence. The spatial-spectral 
excitation pulse can be replaced by a slice-selection pulse preceded by a spectrally 
selective pulse to suppress lipid signals. For simplicity the optional spoiler gradient at 
the end of the sequence is not shown. 



With the use of a refocusing pulse, the prephasing gradient in either the 
readout or the phase-encoded direction does not have to be played immediately 
before the readout or the phase-encoding gradient. In many implementations, 
the prephasing gradients are placed between the excitation and the refocusing 
pulses (Figure 16.10) so that the time after the refocusing pulse can be more 
efficiently used to produce gradient echoes. With this strategy, the polarity of 
the prephasing gradient along the readout and the phase-encoded directions 
is the same as that of the first readout gradient lobe and the phase-encoding 
gradient, respectively, as discussed earlier. To dephase unwanted FIDs, spin- 
echo EPI often requires crusher gradients (shown in Figure 16.10) that straddle 
the refocusing pulse (see Section 10.2). 

Similar to gradient-echo EPI, each gradient echo in spin-echo EPI is 
acquired at a different TE. The effective TE of the sequence is also defined 
as the TE when the central k-space line is acquired, TE e ff = TE(k y = 0). 
The TE of the spin echo, TE se , may or may not correspond to TE e ff. When 
TE e ff coincides with TE se , the sensitivity of the sequence to off -resonance 
effects is substantially reduced and the image becomes predominantly T% 
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weighted, instead of TJf weighted (assuming TR » T\ and TE e ff ^ Ti or 
longer). This strategy is often implemented to improve EPI image quality, 
such as in diffusion-weighted and ^-weighted EPI. When sensitivity to T 2 * 
or off-resonance effects is desired, however, TE e ff can be shifted away from 
TE se . 

Because off-resonance effects, such as magnetic susceptibility variation 
and magnetic field inhomogeneities, can be reduced or minimized in spin-echo 
EPI, the resulting images generally have fewer artifacts (e.g., decreased signal 
loss in regions with magnetic susceptibility variation) than the corresponding 
gradient-echo echo planar images. A major drawback of spin-echo EPI is its 
reduced sensitivity to BOLD contrast. 



Inversion-Recovery EPI Inversion-recovery EPI (IR-EPI) plays an inver- 
sion recovery (IR) module prior to a GE-EPI or SE-EPI pulse sequence 
(Stehling 1990). The pulse sequence can be used to attenuate cerebrospinal 
fluid as in FLAIR (Section 14.2), prepare a desired tissue contrast as in 
magnetization-prepared T\ -weighted imaging, measure tissue perfusion with 
arterial spin labeling (Section 17.1), or produce a T\ map (Section 14.2). 
Reduced SNR limits the use of IR-EPI for lipid suppression. Alternative lipid- 
suppression techniques such as spectrally selective pulses and spatial-spectral 
pulses are generally adequate at the field strengths at which EPI is typically 
used (e.g., > 1.5 T). 



Single-Shot EPI EPI was originally developed (and is still largely used) 
as a single-shot pulse sequence. In single-shot EPI, the entire 2D k-space data 
needed for image reconstruction are acquired using an echo train produced by a 
single RF excitation pulse. If a single slice is imaged without signal averaging, 
the total scan time is the same as the sequence length r seq , irrespective of the 
TR value (which becomes undefined and irrelevant): 

^scan = ^seq = C + N e ,i X f e sp (16.17) 

where C is the interval between the start of the sequence and the begin- 
ning of data acquisition of the first echo. C is typically a few milliseconds 
in gradient-echo EPI and ~TE se /2 in spin-echo EPI. If we assume the follow- 
ing representative values for a single-shot EPI sequence: C — 5 ms, N et \ = 80, 
f eS p = 1 ms, then the total scan time is only 85 ms. For multiple slices (A/ S ii ce s) 
without signal averaging, the scan time increases to: 

^scan = ^slices r seq = Alices (C + A'etl X fesp) (16-18) 
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The acquisition time for each slice remains r seq . With signal averaging, TR is 
defined and the scan time becomes: 

7 scan = TR x NEX x yv acq (16.19) 

where NEX is the number of signal averages (NEX > 1), N acq is the num- 
ber of passes required to image all prescribed slices (Section 11.5), and a 
2D interleaved acquisition mode is assumed. Because the primary motiva- 
tion of using a single-shot technique is to obtain snapshot images to freeze 
motion, signal averaging is not commonly used in single-shot EPI. In special 
applications such as diffusion- weighted imaging and diffusion tensor imaging 
(Section 17.2) with NEX > 1, signal averaging is typically performed by sum- 
ming up the magnitude (i.e., modulus) images, instead of adding the k-space 
data, to avoid motion-induced phase errors. 

Single-shot EPI provides excellent temporal resolution, but places more 
stringent requirements on the hardware and often produces images with com- 
promised quality, such as low SNR, low spatial resolution, and pronounced 
artifacts. To maximize the ETL in single-shot EPI without prolonging the 
total acquisition window, the acquisition time for each echo must be kept to 
a minimum. As discussed in subsection 16.1.1, a wide receiver bandwidth 
is commonly used and the number of sampling points at each echo is often 
restricted to 64-128. A wide receiver bandwidth requires a strong readout 
gradient. For example, for a receiver bandwidth of ± 1 25 kHz and a FOV of 
20 cm, the required gradient strength is ~29mT/m (Eq. 8.13). At a fixed slew 
rate, the higher gradient also requires a longer rise time to reach the targeted 
gradient value. This implies that the slew rate should also be increased to 
achieve the maximum possible echo train length. Even with these changes, the 
ETL allowed by the signal lifetime (see Example 1 6. 1 ) may not be sufficient to 
acquire all phase-encoded k-space lines ranging from -k VAnax to A- V . max . Partial 
k-space acquisition (Section 13.4) is often employed along the phase-encoded 
direction. (Although not commonly used, partial k-space acquisition can also 
be used along the readout direction to shorten ESP). The single-shot image 
can be reconstructed using one of the algorithms described in Section 13.4. 
For example, to reconstruct an image with a matrix of 128 x 128, the phase- 
encoded k-space index could range from -8 to +63 with an ETL of 72. The 
k-space lines with indices from -8 to - 1 are sometimes called the EPI over- 
scan lines. In this example, the eighth and the ninth echo in the echo train may 
be used to sample the two central k-space lines. The area of the prephasing 
gradient lobe can be determined in a way similar to Example 16.4. 



Multishot EPI Multishot EPI acquires a fraction of the required k-space 
data with the echo train produced by each RF excitation. k-Space data from 
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multiple nonredundant RF excitations (or shots) are combined prior to image 
reconstruction. Unlike single-shot EPI, the achievable spatial resolution (i.e., 
the extent of k-space) in multishot EPI is no longer limited by the ETL. A 
k-space matrix of 256 x 256 or even larger can be obtained. Because ETL does 
not have to be stretched to its maximum, multishot EPI can yield better image 
quality (i.e., better SNR, reduced blurring, less distortion, and lower ghost 
intensity) and have less stringent requirements on gradient and RF hardware 
(e.g., gradient amplitude, slew rate, and receiver bandwidth) compared to its 
single-shot counterpart. The major drawback is the increased scan time, which 
makes multishot EPI much more sensitive to motion. 

Similar to multishot RARE, the number of required shots to acquire a total 
of n Y k-space lines is given by: 

N ("v/Wetl if (n v mod JVe,i) = 162Q) 

shot [int(n v //V et i) + 1 if (n y mod W e „) ^ 

where the int function takes the integer part of its argument, and the modulo 
(mod) function gives the remainder of the integer division. In practice, n v and 
N et \ are typically chosen to satisfy (n v mod N e ti) = 0. The total scan time for 
a multishot EPI sequence is given by: 

r scan =TRx /V shot x NEX x N acq (16.21) 

which represents an 7V s h rfold increase in scan time as compared to Eq. (16.19). 
k-Space data from multiple shots can be combined sequentially as a series 
of tiles (Figure 16.11a) or interleaved with one another along the phase- 
encoded direction (Figure 16.11b). The former approach is also known as 
mosaic EPI. Each tile is acquired within a single ETL in a manner equiva- 
lent to single-shot EPI. The position of the tile can be controlled by changing 
the prephasing gradient areas as well as the polarity of the readout or the 
phase-encoding gradients. For example, to sample any one of the four tiles in 
Figure 16.10a, the prephasing gradient area can be changed to (assuming 
ramp sampling is used) along both the readout and the phase-encoded direc- 
tions. Tile 1 is acquired when the readout gradient waveform starts with a 
negative lobe and the phase-encoding gradient has positive blips. The total 
number of the tiles required to cover k-space equals AW- A major prob- 
lem with mosaic EPI is that each tile contains different phase errors, causing 
k-space data inconsistency that produces artifacts. One approach to correct for 
the phase error is to partially overlap the adjacent tiles and estimate the phase 
inconsistency based on the overlapped data. Another problem is that the phase- 
encoding bandwidth (i.e., l/f e sp) can be similar to that in a single-shot pulse 
sequence (e.g., when two tiles are used along the phase-encoded direction). 



CHAPTER 16 Echo Train Pulse Sequences 
(b)| | 




FIGURE 16. 1 1 Representative multishot EPI sampling schemes using (a) mosaic and 
(b) interleaves. Four shots are assumed in both (a) and (b). The numbers in (a) indicate 
the shot index. The solid lines, dotted lines, dashed lines, and dash-dot lines represent 
the first, second, third, and fourth shots, respectively. 



Thus, chemical shift artifacts, magnetic susceptibility effects, and Nyquist 
ghosts can be as bad as in single-shot EPI (subsection 16.1.4). Because of 
these problems, multishot mosaic EPI is not as commonly used as interleaved 
EPI on commercial scanners. 

In interleaved multishot EPI (McKinnon 1993; Butts et al. 1994; 
Buonocore and Zhu 1998), the phase-encoding amplitude or the blip areas 
are increased so that the gap between k-space lines acquired within an ETL is 
also increased. The k-space lines from subsequent excitations are placed to fill 
up the gaps in an interleaved manner, as shown in Figure 16.1 lb. Because each 
shot produces the transverse magnetization anew (assuming efficient spoiling), 
any phase errors or amplitude modulation accumulated throughout the echo 
train are reset. If the directions of the k-space lines produced by each shot 
are parallel to one another (i.e., the readout gradient waveform is used for 
successive shots), both the phase and amplitude modulations are slowed down 
along the k y direction of Figure 16.1 lb. Alternatively, if the directions of the 
k-space lines produced by multiple shots are anti-parallel for any two adjacent 
interleaves (i.e., the readout gradient alternates its polarity between successive 
shots), then only the amplitude modulation is slowed. The phase modulation 
is virtually the same as in single-shot EPI, provided that an odd number of 
interleaves is used (Buonocore and Zhu 1998). The parallel interleaf scheme 
is assumed in the following discussion. 

The use of interleaved EPI has several implications for image quality. First, 
the reduced phase and amplitude modulations in k-space result in decreased 
spacing of the ghosts and lower ghost intensity. This situation is analogous to 
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low-frequency view ordering used in respiratory compensation (Section 12.3). 
(Note that the use of the anti-parallel interleaf scheme is analogous to high- 
frequency view ordering.) Second, the Tj induced signal modulation described 
by Eq. (16.16) is slowed by a factor of N S hot- Consequently, imaging blurring 
is reduced because the entire k-space data are acquired within a much narrower 
time window. Third, the effective bandwidth along the phase-encoded direction 
is increased by a factor of N<& ox : 

AUphase = — (16.22) 

?esp 

The increased bandwidth reduces chemical shift displacement and other 
off-resonance effects such as image distortion and signal loss. Additional 
discussion of these image artifacts is given in subsection 16.1.4. 

With a frequency offset A/, the nth echo in a multishot EPI sequence 
accumulates a phase given by: 

TE(«) 

(j> n =2n J Afdt (16.23) 

o 
where TE(rc) is the echo time for the nth echo. The amplitude attenuation of 
the nth echo can be obtained from Eq. (16.16). The phase accumulation and 
the amplitude attenuation do not depend on which shot is used to acquire the 
echo. Thus, stepwise phase and amplitude modulations are produced along 
the phase-encoded direction. The discontinuities can contribute to artifacts 
such as ghosting. An effective way to mitigate this problem is to slightly shift 
the echo train to the right (or left) in successive shots, so that the k-space 
modulation functions are smoothed (Figure 16.12). The amount of shift is 
given by t esp /N s h ot . This technique is known as echo time shifting or echo 
shifting (Butts et al. 1994; Feinberg and Oshio 1994) and is also sometimes 
used with GRASE (Section 16.2). 

16.1.3 EPI Image Reconstruction 

In EPI, the k-space lines acquired with even echoes traverse in the oppo- 
site direction compared to those acquired with odd echoes. This requires that 
the k-space data be flipped along the readout direction for alternative k-space 
lines so that all the k-space lines point in the same direction. This operation 
is sometimes called row flipping. After row flipping, the k-space data usu- 
ally will contain inconsistent phase errors caused by eddy currents, So-held 
inhomogeneity, receive chain and gradient amplifier group delays, concomi- 
tant magnetic fields, asymmetric anti-aliasing filter response, and so on. To 
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FIGURE 16.12 Echo timing shifting in multishot EPI. Four shots are assumed. The 
readout waveform for each successive shot is shifted by one-fourth of the echo spacing. 
For simplicity, only the readout gradient waveform is shown. 



reduce the Nyquist ghosting artifacts, these errors must be corrected. A num- 
ber of phase correction methods have been proposed, and several frequently 
used ones are discussed in subsection 16.1.4. 

As discussed earlier, full k-space coverage is rarely obtained in single-shot 
EPI. Even in multishot EPI, full k-space coverage is not always achieved. To 
minimize artifacts while achieving the maximal possible resolution, many 
reconstruction algorithms have been developed for the partially covered 
k-space, as discussed in Section 13.4. Although advanced reconstruction tech- 
niques, such as parametric and nonparametric constrained reconstruction, have 
been developed (Liang et al. 1992), simpler algorithms such as the homodyne 
reconstruction method have also been shown to be computationally efficient 
and to give satisfactory results, especially with multiple iterations (Noll et al. 
1991;McGibneyetal. 1993). 



16.1.4 Artifacts 

Nyquist Ghosts One of the most common artifacts in EPI is Nyquist 
ghosting (Zakhoret al. 1991). Nyquist ghosts can originate from many sources 



S'(p,q) = 
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that lead to signal amplitude modulation, phase inconsistency, or displacement 
of k-space data. These errors typically alternate between even and odd echoes. 
Consider, for example, a spatially independent phase error <p that alternates 
between odd and even echoes in a single-shot EPI sequence. The k-space signal 
can be expressed as: 

££/(/,m)exp(-^^)exp(-^2£^ e xp(-j<p) q = even 

£ £ /(/, m)exp (-~ E ) exp (~~ L ) exp(i» q = odd 

(16.24) 

where / represents the ideal image intensity, p and q are the k-space indices 
along the readout and phase-encoded directions, respectively, and / and m are 
the corresponding indices in the image domain: 

k x = pAk x 

k y =qAk Y 
- (16.25) 

x — I Ax 

y = mAy 

Using the orthonormal properties of Fourier transforms (Section 1.1), it can 
be shown that an image /' reconstructed from 5' is related to the ideal image 
/by: 

I'(l,m) = I(I,m)cos<p + iI (l,m- -y)sin<p (16.26) 

where N y is the matrix size in the image domain along the phase-encoded 
direction. The first term represents the true image; its intensity is uniformly 
reduced by a factor of |cos<p| < 1 . The second term corresponds to the Nyquist 
ghost whose intensity is given by / 1 sin <p\ and whose location is shifted by one- 
half of the FOV along the phase-encoded direction (Figure 16.13a). Because 
of the Ny/2 shift, the Nyquist ghost in single-shot EPI is also referred to as 
the N-over-two (N/2) ghost. Equation (16.26) indicates that the alternating 
phase error cp splits the ideal image into a "real" component I{l,m) cos <p and 
an "imaginary" component //(/, m — N y /2) sin<p. (Note that because / is a 
complex function in general, neither I(l,m) cos (p nor I(l,m — N y /2) sin <p is 
necessarily a real number. Thus, we put "real" and "imaginary" in quotations.) 
The brighter the ghost, the lower the image intensity of the object becomes. Two 
examples of sources of the spatially independent phase error <p axe Bq eddy 
currents (Section 10.3) and frequency mismatch in off-center FOV imaging 
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FIGURE 16.13 Examples of three types of Nyquist ghosts in single-shot EPI: 
(a) constant-phase ghost, (b) linear-phase ghost, and (c) oblique Nyquist ghost, 
(a) and (b) are simulated and (c) is the actual image from a water phantom. 



(Maier et al. 1997). Because the phase error <p is spatially constant, the Nyquist 
ghost given by Eq. (16.26) is known as a constant-phase ghost, constant ghost, 
or even ghost. 

If, after row flipping, the k-space data are alternatively shifted by Sk x — 
uAk x between the odd and even echoes along the readout direction (e.g., all 
odd k-space lines are shifted by uAk x and even k-space lines by -uAk x ), a 
similar result to Eq. (16.26) can be derived: 



/'(/,«) = /(/, 



,)cos^— J+./^m-^jsm^— J (16.27) 

In this case, the image and the ghost are modulated by a cosine and a sine 
function, respectively, along the readout direction. At the center of the image 
(/ = 0), the ghost is nulled, and all intensity is registered to the image 
(Figure 16.13b). Because a shift in k-space corresponds to a linear phase 
error in the image domain, the ghost described by Eq. (16.27) is sometimes 
called linear-phase ghost, or simply linear ghost. It is also called an odd 
ghost because the modulation function on the ghost is an odd function (i.e., 
sin(-jc) = - sin(x)). The causes of the linear-phase ghost include (but are not 
limited to) spatially linear eddy currents along the readout direction, gradient 
group delays, and gradient amplifier hysteresis. 

If the k-space data are alternatively shifted by 8k y = ±vAk y between the 
odd and even echoes along the phase-encoded direction, Eq. (16.27) becomes: 

i'n ^ m ^ (2nvm\ ( N y \ . /2iTv(m - N y /2)\ 
/</,m) = /(/,»)cos(— ] + ,/^ W -^js,n( ^-) 

(16.28) 

In distinction to the ghost given by Eq. ( 1 6.27), the sine and cosine modulations 
are along the phase-encoded direction instead of the readout direction. At the 
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edge of the FOV (i.e., m = ±N y /2), the ghost has a nodal line (i.e., is 
nulled) and all intensity is registered to the center of the image (i.e., m = 0) 
(Figure 16.13c). Because this ghost is typically observed in oblique EPI scans, 
it has been called the oblique Nyquist ghost (Zhou and Maier 1996; Zhou et al. 
1997). Common sources for the oblique Nyquist ghosts include inconsistent 
eddy current characteristics and group delays among the physical gradient axes 
(also known as gradient anisotropy ; Aldefeld and Bornert 1 998) and cross-term 
eddy currents. 

In addition to the scenarios already discussed, phase errors caused by 
higher-order eddy currents and concomitant magnetic fields can also produce 
Nyquist ghosts as discussed in Section 10.1 and in Du et al. (2002), Zhou 
et al. (1998), and Weisskoff et al. (1993). In practice, the ghost observed in an 
echo planar image is often a mixture of the ghosts discussed previously. For 
example, the combination of a constant-phase ghost and a linear-phase ghost 
will shift the vertical nodal line away from the image center. The combination 
of a linear-phase ghost and an oblique Nyquist ghost can produce a tilted nodal 
line. In multishot interleaved EPI with parallel readout direction, each ghost 
we have discussed is split into multiple ghosts with increased spatial frequency 
and decreased intensity. 

Many techniques have been developed to reduce or remove the Nyquist 
ghosts. In one category of these methods, a reference scan is used to meas- 
ure the inconsistent phase errors between odd and even echoes in the echo 
train (Bruder et al. 1992; Maier et al. 1992; Schmitt and Goertler 1992). The 
reference scan is commonly a separate single-shot acquisition with the phase- 
encoding gradient disabled (Figure 16.14), as discussed in Section 10.3. The 
non-phase-encoded echoes are individually inverse-Fourier-transformed along 
the readout direction to obtain a set of projections. Ideally, all projections 
should have the same phase because no phase-encoding gradient is applied. 
Any phase inconsistency can be calculated by comparing the phases among 
the projections. Typically, only the spatially constant and linear phase errors 
(a and fS, respectively) are obtained by performing a linear regression or using 
the method described in Ahn and Cho (1987): 

A<p = a + px (16.29) 



To carry out phase correction, the EPI k-space data are first inverse-Fourier- 
transformed along the readout direction to produce a hybrid data set P(x, k y ). 
The constant and linear phase errors, a and fi, are removed from P(x,k y ), 
followed by another ID inverse Fourier transform along the phase-encoded 
direction k y . Alternatively, a pixel-by-pixel phase correction can be per- 
formed along the x axis in the hybrid space (x, k y ) without being constrained 
to include only the constant and linear spatial variation in the phase errors 
(Bruder et al. 1992). 
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FIGURE 16.14 A reference-scan sequence for a gradient-echo EPI. The phase- 
encoding gradients are disabled, but all other gradients are identical to the gradient-echo 
sequence shown in Figure 16.9. The reference-scan sequence for spin-echo EPI can be 
designed analogously. 



The reference scan can also be embedded in the EPI pulse sequence itself, 
eliminating the need for a separate reference scan. For example, in a spin-echo 
EPI, an odd and an even echo can be produced between the 90° and 1 80° pulses 
using a short ETL (i.e., N et \ = 2) and the same readout gradient amplitude and 
slew rate as the normal echo train. The phase errors a and /3 can be calculated 
from those two echoes. Another method is to acquire two adjacent echoes 
with zero phase encoding within the EPI echo train, producing two lines with 
k v — (Figure 16.15) (Jesmanowicz et al. 1993). These two k-space lines are 
used to estimate the phase inconsistency between the reference data and the 
nominal EPI data. 

Although most reference scans are acquired without phase encoding the 
echoes, a reference scan can also be obtained from the phase-encoded data 
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FIGURE 16.15 The reference scan can be embedded into the actual EPI sequence 
for k-space data acquisition. The central k-space lines are acquired twice, first with an 
odd echo and then with an even echo, as indicated. In this sequence, the prephasing 
gradient area A pp equals four times the blip gradient area in order to give k y = at 
the fifth and sixth echoes. 



(Hu and Le 1996). In this method, a reference scan is acquired by advancing 
the nominal EPI readout gradient waveform by one ESP while leaving the 
phase-encoding gradient waveform unchanged. In this way, the odd echoes in 
the reference scan have the same phase-encoding value as the corresponding 
even echoes in the nominal EPI scan (and vice versa). The phase inconsist- 
ency can be compared after each data set is inverse-Fourier-transformed along 
the readout direction, that is, in the hybrid space (x, k Y ), and subsequently 
removed by performing a pixel-by-pixel correction. This method has been 
reported to yield better results than from reference scans acquired without 
the phase-encoding gradient (Hu and Le 1996). Similar to the reference-scan 
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method shown in Figure 16. 14, the method with phase-encoded reference scan 
increases the total scan time. This scan time increase, however, can be insignifi- 
cant when the reference scan is repeatedly used to correct multiple EPI data 
sets, such as in the case of functional MRI or some dynamic studies. 

Another category of ghost-reduction methods focuses on the image domain 
without using a reference scan (Buonocore and Gao 1997; Buonocore and 
Zhu 2001; Hennel 1998). Any data inconsistency, such as that caused by 
patient motion, between reference scan and the nominal EPI acquisition is 
thus eliminated. These methods typically require more intensive computation 
and may require operator interaction. Some algorithms rely on identifying 
nonoverlapping regions of the true image and the ghost, which may impose a 
constraint on the FOV relative to the size of the imaged object. 

Many other ghost-reduction techniques have also been developed. For 
example, oblique Nyquist ghosts can be reduced by gradient waveform modi- 
fication (Zhou et al. 1997). Ghosts caused by concomitant magnetic fields can 
be corrected by a higher-order phase correction (Du et al. 2002). 

Chemical Shift Artifacts In conventional spin-echo and gradient-echo 
imaging, chemical shift artifacts can be observed in the readout and slice- 
selection directions, but not along the phase-encoded direction. For EPI, 
chemical shift artifacts along the readout direction are effectively suppressed 
because the readout bandwidth Ay is considerably larger than that in con- 
ventional imaging. Along the phase-encoded direction, the full sampling 
bandwidth is given by Eq. (16.22), where interleaved k-space sampling is 
assumed if 7V s hot > 1 • For spins with a chemical shift of A/ cs (in hertz) rela- 
tive to the receiver frequency, the chemical shift produces a spatial shift along 
the phase-encoded direction: 

Ay cs = ^-L V = ^^L V (16.30) 

AVphase ' ^shot 

where L y is the FOV. Because Av p h ase is typically only on the order of a 
1 kHz, the shift along the phase-encoded direction can be substantial (see 
Example 16.5). Because of this, lipid suppression is almost always employed 
in EPI pulse sequences, as discussed earlier in this section. 

Example 16.5 A gradient-echo EPI pulse sequence is used to image the 
human abdomen at 1 .5 T without lipid suppression. The acquisition parameters 
are FOV = 32 x 32 cm, matrix = 128 x 128, ? eS p = 1 ms, and the readout 
bandwidth Av = ±125 kHz. (a) How much is the lipid signal shifted along the 
readout and phase-encoded directions in a single-shot sequence? (b) If k-space 
data are acquired with four interleaved shots, calculate the shifts in (a). 
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(a) At 1.5 T, the chemical shift difference between water and lipids is 
approximately A/ cs = 210 Hz. Thus, the shift along the readout 
direction is: 



. A/ cs 



0.210 

2x 125 J 



32 = 0.027 cm 



Along the phase-encoded direction, the shift is obtained from 
Eq. (16.30): 

Ay C s = t esp Af cs L y = 1 x 0.210 x 32 = 6.72cm 

For a 128 x 128 image, the shifts along the readout and the phase- 
encoding directions are 0. 1 and 27 pixels, respectively, 
(b) According to Eq. (16.30) the shift along the phase-encoded direction 
will be reduced by a factor of four, and the shift along the readout 
direction stays the same. 

Image Distortion Due to the very low bandwidth in the phase-encoded 
direction, considerable image distortion can be produced in regions with 
off-resonance effects, such as field inhomogeneity, magnetic susceptibil- 
ity variations, eddy currents with long time constants (e.g., > 100 ms), and 
concomitant magnetic fields. An example of image distortion is shown in 
Figure 16.16. When a nonzero baseline or background gradient exists on the 




FIGURE 16.16 (a) A denture remote from the imaging plane can cause substan- 
tial image distortion and signal loss in single-shot EPI due to the magnetic field 
perturbation, (b) After removing the denture, the image is considerably improved. 
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phase-encoding axis, the image will be either compressed or dilated along 
the phase-encoding direction. For a background gradient in the readout direc- 
tion, the image is sheared. These image distortion artifacts are often observed 
in diffusion-weighted EPI where the background gradients are produced by 
eddy currents with long time constants (e.g., 100 ms) relative to JV et i x f e sp 
(Section 17.2). Visualizing the pattern of distortion can provide a good diag- 
nosis of the system's Bo-held inhomogeneity problems, as well as detecting 
eddy-current gradients with long time constants. Image distortion caused by 
concomitant magnetic fields is typically much worse in nonaxial images, such 
as the sagittal and coronal planes (Du et al. 2002; Weisskoff et al. 1993). For 
axial images not located at isocenter, the concomitant magnetic fields produce 
image. shift along the phase-encoded direction (Zhou et al. 1998). The shift is 
progressively larger as the off-center distance increases. 

Image distortion can be effectively reduced by decreasing the echo spacing 
or the echo train length as in multishot EPI. Although the latter approach 
compromises the spatial resolution in single-shot sequences, this limitation 
can be overcome using parallel imaging techniques (Section 13.3). Another 
common solution to image distortion is to first acquire a Bq map and unwarp 
the image through a phase correction (Jezzard and Balaban 1995). 

T£ -Induced Image Blurring Because the k-space lines in EPI are 
acquired at different times, each k-space line carries a different T 2 * weighting as 
shown by Eq. ( 1 6. 1 6). This causes image blurring along the phase-encoded dir- 
ection. The blurring becomes increasingly severe as T£ decreases. An effective 
way to address this problem is to restrict the k-space acquisition to a narrow 
time window in which the r 2 * decay is not substantial. This means that we either 
have to reduce the echo train length or shorten the interecho spacing. Chan- 
ging from single-shot to multishot with interleaves can greatly alleviate image 
blurring. Typically, image blurring in single-shot EPI is less than in single- 
shot RARE. Thus, k-space amplitude correction discussed in Section 16.4 is 
rarely used. 

Intravoxel Dephasing SNR in single-shot EPI is generally low due to 
the use of high receiver bandwidth, long echo train, and introvoxel signal 
dephasing caused by off-resonance effects. Magnetic susceptibility variations 
at the tissue-air interface or near metallic implants often cause a signal void 
in these regions (Figure 16.16a). Although increasing the slice thickness gen- 
erally improves the SNR of an image, a thicker slice in EPI does not always 
produce a higher SNR because intravoxel dephasing can be greater with thicker 
slices. When T 2 * dephasing is very severe, a thinner slice can even give a higher 
SNR than a thicker slice. This problem can be addressed by adjusting the slice- 
refocusing gradient lobe to offset the susceptibility effects as described in Yang 
etal. (1997, 1998). 



16.1 Echo Planar Imaging 735 

16.1.5 Variations of EPI Pulse Sequences 

Based on the basic pulse sequences described in subsection 16.1.1, many 
variations of EPI pulse sequences have been developed. A thorough review of 
these pulse sequences is beyond the scope of this book. Several selected EPI 
variations are discussed here. Additional variations can be found in Schmitt 
etal. (1998). 



Skip-Echo EPI As the name implies, skip-echo EPI acquires every other 
echo in the EPI echo train. Thus, only half of the available echoes are used 
to sample k-space lines (Feinberg et al. 1990; Duerk and Simonetti 1991). 
Because the acquired echoes all correspond to the same readout gradient 
polarity, there is no need to flip every other row in k-space prior to image 
reconstruction. More important, any alternating phase error and amplitude 
modulation are eliminated from the k-space data, resulting in an image virtu- 
ally free of Nyquist ghosts. To minimize echo spacing, the readout gradient that 
corresponds to the skipped echoes is often maximized to shorten its duration 
(the area must be conserved in gradient shape modification) (Figure 16.17). 
This effectively speeds up the return of k-space trajectory to the acquisition of 
the next echo. Skip-echo EPI pulse sequences using this strategy are sometimes 
called flyback EPI. 

Circular EPI Because the data in the k-space corners are often apodized 
by a window function during image reconstruction to achieve an isotropic 
resolution, time spent on acquiring k-space corners reduces data acquisition 
efficiency. Circular EPI addresses this issue by designing gradient waveforms 
that produce a k-space trajectory confined to a circle (Figure 16.18). In this 
way, the acquisition time can be reduced compared to conventional EPI, as 
described by Pauly et al. (1995) and Kerr et al. (1997). 

Balanced EPI EPI requires a high gradient amplitude to match the 
increased readout bandwidth. If each physical gradient cannot provide the 
required gradient strength, two physical gradient axes can be combined to syn- 
thesize a gradient vector G' = xG + yG whose amplitude is \fl times higher 
than the individual gradient amplitude G (see Section 7.3). This is equivalent 
to rotating the logical gradient axes by 45° with respect to the physical gradient 
axes so that the load on each physical gradient is more balanced (Kashmar and 
Nalcioglu 199 1 ). After reconstruction, the image must be rotated back by —45° 
to properly depict the orientation of the object. When the two physical gradi- 
ent axes have different eddy-current characteristics or group delays, however, 
this method can produce oblique Nyquist ghosts. Additional calibration and 
correction are often needed to remove the ghost (Zhou et al. 1997). 
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FIGURE 16. 1 7 A skip-echo (or flyback) gradient-echo EPI sequence. Only the echoes 
corresponding to the positive readout gradient are acquired in this example. 
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FIGURE 16.18 Circular EPI k-space trajectory. The k-space lines are confined to lie 
within a circle. 
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T 2 * Mapping As discussed in Section 14.3, a multiecho spin-echo pulse 
sequence can be used for Ti mapping. Similarly, a gradient-echo EPI pulse 
sequence can be modified to produce a T£ map. In this application, the 
EPI phase-encoding gradient waveform is replaced by a conventional phase- 
encoding waveform (i.e., one phase-encoding step per TR) that gives the same 
k y for the entire echo train, as in gradient-echo pulse sequences. This is sim- 
ilar to a dual -echo gradient-echo pulse sequence (Section 14.1), except that a 
longer echo train is used. After data for all the required phase-encoding steps 
are obtained, a stack of images are generated with each image corresponding 
to a gradient echo. Because each gradient echo has its own distinctive TE value 
under the FID envelope, a pixel-by-pixel plot of the image intensity as a func- 
tion of TE reveals the T 2 * decay curve. The T 2 * value can be readily obtained 
using a least-squares fitting algorithm. 



3D EPI Although EPI is predominantly used as a 2D sequence, 3D EPI 
has also been developed. A true 3D EPI, known as echo volume imaging 
(EVI), traverses k-space in 3D throughout the echo train (Song et al. 1994; 
Mansfield et al. 1995). Single-shot EVI has very low spatial resolution (e.g., 
matrix size = 32 x 32 x 7) and has not been widely used. Hybrid 3D EPI 
uses the EPI phase-encoding waveform to sample k-space along the primary 
(or the secondary) phase-encoded direction and conventional phase-encoding 
strategy along the remaining phase-encoded direction. 3D k-space is sampled 
in multiple shots, even though a single-shot 2D EPI phase-encoding waveform 
is often used. This is analogous to 3D RARE discussed in Section 16.4. 



Selected References 

Ahn, C. B., and Cho, Z. H. 1987. A new phase correction method in NMR imaging based on 

autocorrelation and histogram analysis. IEEE Trans. Med. Imaging 6: 32-36. 
Aldefeld, B„ and Bornert, P. 1998. Effects of gradient anisotropy in MRI. Magn. Reson. Med. 

39: 606-614. 
Bruder, H., Fischer, H., Reinfelder, H.-E., and Schmitt, F. 1992. Image reconstruction for echo 

planar imaging with non-equidistant k-space sampling. Magn. Reson. Med. 23: 31 1-323. 
Buonocore, M. H., and Gao, L. S. 1997. Ghost artifact reduction for echo planar imaging using 

image phase correction. Magn. Reson. Med. 38: 89-100. 
Buonocore, M. H., and Zhu, D. C. 1998. High spatial resolution EPI using an odd number of 

interleaves. Magn. Reson. Med. 41:1 199-1205. 
Buonocore, M. H., and Zhu, D. C. 2001. Image-based ghost correction for interleaved EPI. 

Magn. Reson. Med. 45: 96-108. 
Butts, K., Riederer, S. J., Ehman, R. L., Thompson, R. M., and Jack, C. R. 1994. Interleaved 

echo planar imaging on a standard MRI system. Magn. Reson. Med. 3 1 : 67-72. 
Chapman, B., Turner, R., Ordidge, R. J., Doyle, M., Cawley, M., Coxon, R., Glover, P., and 

Mansfield, P. 1987. Real-time movie imaging from a single cardiac cycle by NMR. Magn. 

Reson. Med. 5: 246-254. 



738 CHAPTER 1 6 Echo Train Pulse Sequences 

Chen, D. Q., Marr, R., and Lauterbur, P. C. 1986. Reconstruction from NMR data with imaging 

gradients having arbitrary time dependence. IEEE Trans. Med. Imaging 5: 162-164. 
Cohen, M. S., Weisskoff, R. M., Rzedzian, R. R., and Kantor, M. L. 1990. Sensory stimulation 

by time-varying magnetic fields. Magn. Reson. Med. 14: 409-^-14. 
Du, Y. P., Zhou, X. J., and Bernstein, M. A. 2002. Correction of concomitant magnetic field 

induced image artifacts in non-axial echo planar imaging. Magn. Reson. Med. 48: 509-515. 
Duerk, J. L., and Simonetti, O. P. 1991. Theoretical aspects of motion sensitivity and 

compensation in echo-planar imaging. J. Magn. Reson. Imaging 1 : 643-650. 
Feinberg, D. A., Turner, R., Jakab, P. D., and Vonkienlin, M. 1990. Echo-planar imaging 

with asymmetric gradient modulation and inner- volume excitation. Magn. Reson. Med. 13: 

162-169. 
Feinberg, D. A., and Oshio, K. 1994. Phase errors in multi-shot echo planar imaging. Magn. 

Reson. Med. 32: 535-539. 
Hennel, F. 1998. Image-based reduction of artifacts in multishot echo-planar imaging. J. Magn. 

Reson. 134:206-213. 
Hu, X. P., and Le, T H. 1996. Artifact reduction in EPI with phase-encoded reference scan. 

Magn. Reson. Med. 36: 166-171. 
Jesmanowicz, A., Wong, E. C, and Hyde, J. S. 1993. Phase correction for EPI using internal 

reference lines. Proc. Soc. Magn. Reson. Med. 3: 1239. 
Jezzard, P., and Balaban, R. S. 1995. Correction for geometric distortion in echo planar images 

from B0 field variations. Magn. Reson. Med. 34: 65-73. 
Kashmar, G., and Nalcioglu, O. 1991. Cartesian echo planar hybrid scanning with two to eight 

echoes. IEEE Trans. Med. Imaging 10: 1-10. 
Kerr, A. B., Pauly, J. M., Hu, B. S., Li, K. C, Hardy, C. J., Meyer, C. H., Macovski, A., and 

Nishimura, D. G. 1997. Real-time interactive MRI on a conventional scanner. Magn. Reson. 

Med. 38: 355-367. 
Kwong, K., Belliveau, J., Chesler, D., Goldberg, I., Weisskoff, R., Poncelet, B., Kennedy, D., 

Hoppel, B., Cohen, M, Turner, R., Cheng, H, Brady, T, and Rosen, B. 1992. Dynamic 

magnetic resonance imaging of human brain activity during primary sensory stimulation. 

Proc. Nad. Acad. Sci. U.S.A. 89: 5676-5679. 
Liang, Z.-R, Boada, F. E., Constable, R. T, Haake, E. M., Lauterbur, P. C, and Smith, M. R. 

1992. Constrained reconstruction methods in MR imaging. Rev. Magn. Reson. Med. 4: 67-1 85. 
Maier, J. K., Vavrek, M., and Glover, G. H. 1992. Correction of NMR data acquired by an 

echo-planar technique. U.S. patent 5,151,656. 
Maier, J. K., Ploetz, L. E., Zhou, X., Epstein, F. H., and Licato, P. E. 1997. A method forproducing 

off-center images using an EPI pulse sequence. U.S. patent 5,689,186. November 18. 
Mansfield, P. 1977. Multi-planar image formation using NMR spin echoes. J. Phys. C: Solid 

State Phys. 10: L55-58. 
Mansfield, P., Coxon, R., and Hykin, J. 1995. Echo volume imaging of the brain at 3.0T: 

First normal volunteer and functional imaging results. J. Comput. Assist. Tomogr. 19: 

847-852. 
McGibney, G., Smith, M. R., Nichols, S. T, and Crawley, A. 1993. Quantitative evaluation 

of several partial Fourier reconstruction algorithms used in MRI. Magn. Reson. Med. 30: 

51-59. 
McKinnon, G. C. 1993. Ultrafast interleaved gradient echo planar imaging on a standard scanner. 

Magn. Reson. Med. 30: 609-616. 
Noll, D. C, Nishimura, D. G., and Macovski, A. 1991. Homodyne detection in magnetic 

resonance imaging. IEEE Trans. Med. Imaging 10: 154-163. 
Nowak, S., Schmitt, E, and Fischer, H. 1989. Method of operating a nuclear spin tomograph 

apparatus with a resonant circuit for producing gradient field. European patent EP 04297 1 5B 1 . 



16.1 Echo Planar Imaging 739 

Ordidge, R. J., and Mansfield, P. 1984. NMR methods. U.S. patent 4509015. 

Pauly, J. M, Butts, K., Luk Pat, G. T., and Mackovski, A. 1995. A circular echo-planar pulse 

sequence. Soc. Magn. Reson. Abstracts 3: 106. 
Schmitt, R, and Goertler, G. 1992. Method for suppressing image artifacts in a magnetic 

resonance imaging apparatus. U.S. patent 5 1 38259. 
Schmitt, R, Stehling, M. K, and Turner, R. 1 998. Echo planar imaging. Berlin: Springer. 
Shellock, R G., and Kanal, M. 1994. Magnetic resonance bioeffects, safety, and patient 

management. New York: Raven. 
Song, A. W., Wong, E. C., and Hyde, J. S. 1994. Echo-volume imaging. Magn. Reson. Med. 32: 

668-671. 
Stehling, M. K., Ordidge, R. J., Coxon, R., and Mansfield, P. 1 990. Inversion-recovery echo- 
planar imaging (IR-EPI) at 0.5-T. Magn. Reson. Med. 13:514-517. 
Thulborn, K. R., Waterton, J. C, Matthews, P. M., and Radda, G. K. 1982. Oxygenation depend- 
ence of the transverse relaxation time of water protons in whole blood at high field. Biochim. 

Biophys. Acta 714: 265-270. 
Weisskoff, R. M., Cohen, M. S., and Rzedzian, R.R.I 993. Nonaxial whole-body instant imaging. 

Magn. Reson. Med. 29: 796-803. 
Yang, Q. X., Dardzinski, B. J., Li, S. Z., Eslinger, P. J., and Smith, M. B. 1997. Multi-gradient 

echo with susceptibility inhomogeneity compensation (MGESIC): Demonstration of fMRI in 

the olfactory cortex at 3.0 T. Magn. Reson. Med. 37: 331-335. 
Yang, Q. X., Williams, G. D., Demeure, R. J., Mosher, T. J., and Smith, M. B. 1998. Removal 

of local field gradient artifacts in T*-weighted images at high fields by gradient-echo slice 

excitation profile imaging. Magn. Reson. Med. 39: 402-409. 
Zakhor, A., Weisskoff, R., and Rzedzian, R. 1991. Optimal sampling and reconstruction of MRI 

signals resulting from sinusoidal gradients. IEEE Trans. Signal Proc. 39: 2056-2065. 
Zhou, X. J., and Maier, J. K. 1996. A new Nyquist ghost in oblique EPI. In Proceedings of the 

International society of Magnetic Resonance in Medicine, p. 386. 
Zhou, X., Maier, J. K., and Epstein, R H. 1997. Reduction of Nyquist ghost artifacts in oblique 

echo planar images. U.S. patent 5,672,969. September 30. 
Zhou, X. J., Du, Y. P., Bernstein, M. A., Reynolds, H. G., Maier, J. K., and Polzin, J. A. 1998. 

Concomitant magnetic-field-induced artifacts in axial echo planar imaging. Magn. Reson. 

Med. 39: 596-605. 



Related Sections 

Section 5.4 Spatial-Spectral Pulses 

Section 7.1 Simple Gradient Lobes 

Section 8.1 Frequency-Encoding Gradients 

Section 8.2 Phase-Encoding Gradients 

Section 10.1 Concomitant-Field Correction Gradient: 

Section 10.3 Eddy-Current Compensation 

Section 11.1 Bandwidth and Sampling 

Section 1 1 .2 k-Space 

Section 1 1 .5 Two-Dimensional Acquisition 

Section 13.2Gridding 

Section 13.4 Partial Fourier Reconstruction 

Section 17.1 Arterial Spin Tagging 

Section 17.2 Diffusion Imaging 



740 CHAPTER 1 6 Echo Train Pulse Sequences 

16.2 GRASE 

Gradient and spin echo or GRASE (also called turbo gradient spin echo, 
TGSE) pulse sequences use a train of RF refocusing pulses, each combined 
with a train of alternating polarity readout gradient lobes (Figure 16.19) to 
rephase a series of gradient and RF spin echoes (Feinberg and Oshio 1991; 
Oshio and Feinberg 1991). GRASE is a combination of EPI (Section 16.1) 
and RARE (Section 16.4) that overcomes some of the limitations of both 
pulse sequences, but also inherits most of the problems of both. Because more 
echoes can be collected per unit time using gradient reversal than using RF 
refocusing (see Examples 1 6. 1 and 1 6.9), GRASE images can be acquired with 
higher spatial resolution than with RARE, for the same number of shots and 
the same echo train duration per shot. Alternatively, shorter ^-weighted scans 
can be obtained for a given resolution. Because fewer RF refocusing pulses are 
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FIGURE 16. 19 2D GRASE pulse sequence. This example shows four RF refocusing 
pulses (N T f = 4), each followed by three gradient echoes (/V gre = 3) for a total echo 
train length of 12. The echoes are denoted by the RF refocusing pulse number and 
gradient echo number (starting from zero). For example, r\gl is the third gradient 
echo associated with the second refocusing pulse. 
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needed to obtain a given number of echoes, the SAR is also considerably lower 
than for RARE, allowing more slices per TR, especially at high field strength 
(e.g., 3.0 T). The increased interval between refocusing pulses also results in a 
lipid signal that is more attenuated compared to RARE and is much closer to its 
intensity in conventional RF spin echo images. For a fixed number of echoes per 
excitation, GRASE has a shorter sequence length than RARE, leading to less 
image blurring (or edge enhancement). The use of RF refocusing pulses greatly 
reduces the phase accumulated by off-resonance spins, resulting in less geo- 
metric distortion and signal loss from intravoxel dephasing compared to EPI. 

The k-space data acquired with GRASE have phase modulation from 
off-resonance spins similar to EPI, as well as amplitude modulation due to 
T 2 decay similar to RARE. There is also 7/ 2 *-induced amplitude modulation, 
similar to EPI, that can be useful for increasing r 2 * weighting in BOLD fMRI. 
These combined modulations can cause severe ghosting artifacts, which can 
be minimized by carefully designing the phase-encoding order as well as 
using phase-correction techniques. Thus, most of this section describes various 
phase-encoding orders that have been proposed for GRASE. The ghosting amp- 
litude also depends on the off-resonance frequency, 7 2 * and 7i. For a fixed ETL, 
greater resonance offsets and shorter 72 s generate higher-amplitude ghosting. 
Even with a careful choice of phase-encoding order, it is usually beneficial to 
use fat saturation with GRASE to minimize ghosting from off-resonance mag- 
netization. Although 7 2 * -induced amplitude modulation can have an important 
effect on contrast, it is generally less important than amplitude modulation 
from 72 effects when considering artifacts. Therefore for simplicity we ignore 
r 2 * decay when considering the k-space amplitude weighting. 

With 2D GRASE, the phase and amplitude modulation are both in the 
phase-encoded direction. A variation of 2D GRASE called vertical GRASE 
distributes the phase and amplitude modulations on different k-space axes 
(frequency and phase, respectively), to improve image quality. With 3D 
GRASE (Figure 16.20), the phase modulation and amplitude modulation can 
also be placed on different Fourier encoding axes (slice and phase), giving 
somewhat better image quality. 

Because gradient echoes are collected during both positive and negative 
polarity readout gradients, GRASE data are sensitive to eddy currents, mis- 
match between the gradient and receive chain group delays, and asymmetry in 
anti-aliasing filter response, just as in EPI. Phase corrections are necessary to 
remove inconsistency between echoes collected with the two gradient polar- 
ities. In addition, the spin echoes in GRASE are also subject to phase errors 
mainly induced by eddy currents, as in RARE. These phase errors must also 
be corrected. 

GRASE has primarily been used for 72-weighted imaging (Figure 16.21) 
in situations in which RARE provides insufficient spatial resolution, requires 
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FIGURE 16.20 3D GRASE pulse sequence. The slice-encoding waveforms are 
rewound in each refocusing pulse interval. For clarity, the slice-encoding gradients 
are shown separately from the refocusing pulse crushers. In practice, the waveforms 
would be combined for improved efficiency. 




FIGURE 16.21 2D GRASE T 2 -weighted image. Field strength = 1.5 T, TR/TE = 
3000/132, 24-cmFOV,5-mm slice, N d = 5, N gre = 3, N %hot = 28, 512 x 420 acquisi- 
tion, 512x512 reconstruction, ±32-kHz receive bandwidth, two signal averages, scan 
time 3 min. The image asymmetry is due to the oblique orientation of the head, and is 
not artifactual. (Image courtesy of K. Oshio, M.D., Ph.D., Keio University, and Tetsuji 
Tsukamoto, M.S., GE Healthcare.) 
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excessive scan time, or produces unacceptable SAR. Because of the reduced 
k-space modulation artifacts, 3D GRASE has been used as an alternative to 2D 
and 3D RARE for reduced scan time. Imaging at 3.0 T or higher is particularly 
attractive with GRASE because of the reduced SAR compared to RARE. With 
proper phase-encoding view ordering, the gradient echoes also give more T 2 * 
weighting than with RARE, which can be advantageous for some applications 
such as imaging of small hemorrhagic lesions. Ghosting artifacts from residual 
k-space modulation and uncorrected system imperfections, however, are more 
difficult to remove than in EPI or RARE, which has slowed the introduction 
of GRASE into routine clinical practice (Patel et al. 1995). 

16.2.1 Grase Pulse Sequence 

We assume that there are N^ RF spin echoes in each echo train and that 
each spin echo is split into yV gre gradient echoes. Because each RF spin echo 
corresponds to the preceding refocusing pulse, we also use 7V,f to denote the 
number of refocusing pulses. GRASE scans can be single-shot or multishot, 
similar to RARE or EPI. Each gradient echo is labeled according to its 
shot number s(s = 0, . . . , ./V s hot - 1), RF refocusing pulse number r(r = 
0, . . . , Nrf — 1), and gradient echo number g(g = 0, . . . , N gre - 1). (Note 
that g and r should be distinguished from the eddy-current gradient g used 
in Section 10.3 and the spatial variable r used in the rest of the book.) To 
simplify the nomenclature, the first gradient echo from the first RF refocusing 
pulse is simply called rOgO, and so on. The number of echoes collected is 
NshotNrf Ngre- If all the echoes are separately encoded, the number of k y lines 
for 2D scans is also /V s hot^rf Ngre- Because this number is usually not a power 
of two, zero filling of k-space is used in the reconstruction. 

Each of the N gre gradient echoes is Fourier encoded with a separate phase- 
encoding blip, similar to EPI. The net phase-encoding gradient area is com- 
pletely rewound before the next RF refocusing pulse by a phase-rewinding lobe, 
similar to RARE (Figure 1 6. 1 9). The net phase from the phase-encoding gradi- 
ent is therefore zero over the interval between any two adjacent RF refocusing 
pulses. The rewinding is done for the same purpose as with RARE, to satisfy 
the CPMG conditions (Section 1 6.4). Imperfect flip angles for the 1 80° pulses, 
either due to slice profile degradation or B\ inhomogeneity, creates stimulated 
echo magnetization that does not accumulate phase during the interval when it 
is stored along the z axis. If phase-rewinding lobes were not used, stimulated- 
echo and spin-echo magnetization (i.e., magnetization in the transverse plane) 
would accumulate different amounts of phase during the refocusing pulse 
interval, resulting in severe ghosting artifacts and reduced SNR. 

The use of a constant phase-encoding gradient that produces a zigzag 
trajectory similar to ones used for EPI (see Section 16. 1 ) is problematic for the 
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same reasons. The phase-encoding area between all refocusing pulses will be 
the same, but the area will be nonzero, giving different phase-encoding values 
for stimulated-echo and spin-echo signals that occur in the same acquisition 
window. 

Although the refocusing pulses normally use 180° flip angles, the use 
of variable flip angles within the echo train has also been investigated to 
reduce k-space echo amplitude modulation (sometimes called echo stabiliza- 
tion) (Schaffter and Leibfritz 1994). Although this technique has been widely 
used in RARE, it has not been used extensively with GRASE. In this section 
we assume that all refocusing pulses have 180° nominal flip angles. 

For 3D scans, conventional phase-encoding gradients are also used in the 
secondary phase-encoded (i.e., slice) direction. The secondary phase-encoding 
gradients can use the same Fourier encoding value for all Afo refocusing 
pulses. However, it can be advantageous for the slice Fourier encoding value 
to be different for each RF refocusing pulse (subsection 16.2.2) as shown in 
Figure 16.20. The secondary phase-encoding gradients are rewound for each 
RF refocusing interval. 

As with RARE, the refocusing pulses used with GRASE are 90° out of 
phase with the excitation pulse; that is, a CPMG pulse train consisting of 90° — 

t — 180° — 2t — 180° is used (note that in this notation, the pulses are 

separated by dashes). Crushers are used before and after each RF refocusing 
pulse to dephase the FID resulting from nonideal refocusing pulses with flip 
angles differing from 1 80° due to B\ inhomogeneity and to preserve the desired 
primary and stimulated echoes. The crushers are usually placed either on the 
slice-selection axis or the frequency-encoding axis. Crushers could also be 
used on both axes for greater effect. A spoiler gradient lobe at the end of the 
echo train is typically used to dephase any residual transverse magnetization. 

If the artifacts caused by phase accumulated by off-resonance spins 
become problematic, GRASE can be used with some type of fat suppres- 
sion, such as a spectrally selective saturation pulse that precedes the excitation 
pulse. 

16.2.2 GRASE Phase-Encoding Order 

We start by considering 2D acquisitions. Similar to RARE, there are many 
ways to choose the correspondence between k y location and echo. The contrast 
is determined by the TE of the echoes that sample the central k-space lines. This 
TE is known as the effective echo time, denoted by TE e ff . The strategy for the 
phase-encoding order typically has three aims: to minimize the discontinuity of 
phase accumulation in k-space for off-resonance spins, to minimize the discon- 
tinuity of T2 weighting in k-space, and to create the desired effective echo time. 
We start by considering the off-resonance phase accumulation. Figure 16.22 
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FIGURE 16.22 Phase accumulated by off-resonance spins for (a) EPI, (b) RARE, and 
(c) GRASE versus time (horizontal axes). For simplicity, only the RF pulses are shown 
for each pulse sequence. The center of each echo is represented by a vertical tick mark 
on the signal line. 



compares the phase accumulation for an off-resonance spin isochromat for 
spin-echo EPI, RARE, and GRASE. For spin-echo EPI, the phase accumulates 
linearly throughout the echo train and is zero at the RF spin echo refocusing 
point. Consequently, each gradient echo (except one located exactly at the refo- 
cusing time) has a nonzero phase. A comparatively large phase accumulates 
by the end of the echo train. For RARE, the phase is repeatedly refocused by 
the train of 1 80° RF pulses. Therefore, at the center of each RF spin echo there 
is no net phase accumulation. GRASE is intermediate between the EPI and 
RARE cases. Off-resonance phase is periodically refocused midway between 
the 1 80° pulses, but evolves during the echoes collected using gradient reversal. 
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With GRASE, all echoes have off-resonance phase at the echo center, except 
for the echoes that are collected at the refocusing points of the 180° pulses. 

T 2 decay is somewhat simpler than off-resonance phase accumulation and 
is simply monotonic throughout the echo train for EPI, RARE, and GRASE. 
Similar to RARE, either proton density or T 2 weighting can be achieved by 
properly ordering the phase encoding to give either short or long effective 
TE, respectively. T\ weighting can be obtained by reducing TR combined 
with short effective TE. With GRASE, an odd number of gradient echoes are 
normally collected for each 1 80° refocusing pulse. Therefore the center echo 
of each gradient echo group has no net phase accumulation. The motivation 
behind collecting the odd number of gradient echoes is so that contrast devoid 
of T 2 * weighting (similar to a conventional RF spin echo) can be obtained by 
placing these center echoes at the center of k-space. 

2D Linear Phase-Encoding Order This method, also sometimes called 
sequential phase encoding, is almost never used in practice, and is only dis- 
cussed here to motivate the descriptions of other variations. For a single-shot 
scan, the echoes are assigned sequentially or linearly in k-space in the tem- 
poral order in which they occur in the echo train. In the full k y version of 
this method, the first echo in the echo train is assigned to the maximal phase- 
encoding value, the next echo is assigned to the adjacent phase-encoding value, 
and so on. For multishot scans, echoes from a given location within the echo 
train are grouped together in k-space for all shots (Figure 16.23a). Specifically 
the phase-encoding locations in k-space are given by: 

; / n ( Wshot^rfNgre - 1 , Af A , Ar A A , 

k y (s, r, g) = I ^-* + (5 + rN, hot N gre + g/V shot ) J M y 

(16.31) 

where Ak y is the phase-encoding step size. (We assume a bottom-up phase- 
encoding order in which the maximal negative k y value is filled first. 
A top-down order could just as easily be used, as long as the reconstruction 
program accounts for the resulting image flip in the phase-encoded direction.) 
A comparison of Eqs. (16.31) and (8.31) shows the similarity between the echo 
ordering and that of a non-echo-train pulse sequence. The phase accumula- 
tion and ^-induced amplitude modulation are shown in Figure 16.23b and c, 
respectively, for the multishot case. The T 2 weighting contains N r { monoton- 
ically decreasing steps across k-space. (If the echo amplitude variation due 
to T 2 * had not been ignored, a small amount of additional modulation would 
be present for each gradient echo within each step.) Although the k-space 
amplitude weighting from T 2 decay is relatively benign, the periodicity and 
discontinuities in the off -resonance phase accumulation cause severe ghosting. 
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FIGURE 16.23 Linear (sequential) 2D GRASE phase-encoding order, (a) Echo num- 
ber as a function of k v . Each block is filled with one echo from all shots (AW values 
of k y ). (b) Off-resonance phase as a function of & v . The phase has N^ = 4 bands with 
Ngre = 3 monotonically changing steps within each band, (c) 7*2-induced amplitude 
modulation as a function of k y . The modulation function has N^ = 4 monotonically 
decreasing steps. Each step is further modulated by 7",* decay. For simplicity, the 7" 2 * 
modulation is not shown. 

The effective TE is simply one-half the total echo train duration for full k- space 
acquisition. 



2D Standard Phase-Encoding Order To alleviate artifacts from the off- 
resonance phase accumulation, the original implementation of GRASE used 
the phase-encoding order illustrated in Figure 16.24. In the single-shot version 
of this method, the gradient echoes occurring at a given location after the RF 
refocusing pulses (i.e., rOgO, rlgO, etc.) are all grouped together at adjacent 
k y lines. Adjacent gradient echoes are grouped at adjacent bands in k-space. 
For each gradient echo band, a linear phase-encoding order is used with respect 
to RF pulses; that is, echoes are grouped in order of increasing RF refocusing 
pulse number. For the multishot case, adjacent k v lines can be filled with echoes 
from one RF pulse for all shots before advancing to the next RF pulse, similar 
to the interleaved case shown in Figure 16.44b in Section 16.4. Alternatively, 
adjacent k y lines can be filled with echoes from one shot for all RF pulses 
before advancing to the next shot, similar to the case shown in Figure 16.44a 
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FIGURE 16.24 Standard 2D GRASE phase-encoding order, (a) Echo number as a 
function of k y . (b) Off-resonance phase has JVgre = 3 bands with constant phase 
within each band, (c) T 2 weighting has N gre = 3 bands with N^ = 4 monotonically 
decreasing steps within each band. 



in Section 16.4. We focus here on the former method, which is also shown 
in Figure 16.24 because it is more commonly used. For this case, the phase- 
encoding locations in k-space are given by: 



_AWWV 



- (s + rWshot + g^shotAVf) J Ak y 

(16.32) 



This phase-encoding order is usually called the standard GRASE phase- 
encoding order because it was used in most early GRASE work (Feinberg 
and Oshio 1991; Oshio and Feinberg 1991). 

The off-resonance phase is a series of yv gre plateaus with linearly changing 
plateau amplitude as a function of k y . Although the phase accumulation is much 
less problematic than with a linear phase-encoding order, the discontinuities in 
the phase still cause ghosting. The discontinuity and ghosting can be reduced 
using echo train shifting discussed in Section 16.1 and subsection 16.2.3. 

The 72 weighting in k-space has yv gre discontinuous bands with Nrf mono- 
tonically decreasing plateaus within each band. The width of each plateau is 
determined by ^V s hot- (For the single-shot case, each plateau becomes a single 
k y point.) The discontinuities in T2 k-space weighting also cause ghosting 
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artifacts. Another problem is that the effective TE with the standard GRASE 
phase-encoding order is fixed at one-half the total echo train duration. Because 
the echo train duration is usually 200 ms or more for optimal time efficiency, 
the effective TE is 100 ms or more, limiting the pulse sequence to ^-weighted 
contrast only. 

Reversing the order of some of the echoes (Figure 16.25) can eliminate 
the worst discontinuities from T2 modulation. Echoes from the RF refocusing 
pulses are placed in reverse order in k-space as a function of k y for every other 
gradient echo. The phase weighting in k-space is the same as for the standard 
GRASE phase-encoding order, but the blip phase-encoding gradient amplitude 
is no longer constant within each group of gradient echoes with the same r 
value. Some of the required blip areas can be large and, depending on the 
imaging parameters and gradient hardware capabilities, they could increase 
the echo spacing compared to the standard order. This trade-off needs to be 
evaluated when deciding whether to use the reversed order. 

Both the 72 decay discontinuity and the inflexible effective echo time can 
be addressed by yet another variation that uses the same grouping of echoes 
from each RF refocusing pulse as that normally used for multishot RARE 
(Ishikawa et al. 1996, Gullapalli and Loncar 1996) (see Section 16.4). As an 
example, to achieve a short effective echo time, echoes from the earliest RF 
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FIGURE 16.25 2D GRASE phase-encoding order with reversal of the direction in 
which echoes from RF refocusing pulses are placed in k-space for every other gradient 
echo, (a) Echo number, (b) off-resonance phase, and ^-induced amplitude modulation 
as a function of k y . In this example, echoes for the second gradient echo are ordered 
r3, rl, rl, rO instead of rO, rl, rl, r3 as a function ofk y . 
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Figure 16.26 2D GRASE with echo ordering similar to that normally used for 
multishot RARE for short effective TE (rotated bands phase encoding), (a) Echo 
number, (b) off-resonance phase, and (c) ^-induced amplitude modulation as a 
function of k y . 



refocusing pulse (rO) are assigned to the most central phase-encoding lines 
within each group of iVrf lines. Subsequent RF refocusing pulses are assigned 
to more negative or more positive phase-encoding lines moving out from 
the first (Figure 16.26). This strategy is sometimes called a centric GRASE 
phase-encoding variation (Johnson et al. 1996b). Longer effective TEs can be 
obtained by permuting or cyclically rotating the centric order (Figure 16.27). 
The off-resonance phase accumulation is the same as for the standard GRASE 
phase-encoding order. These variations are also sometimes called rotated bands 
phase encoding (Mugler 1999). 

Example 16.6 A 2D GRASE pulse sequence uses N gTe = 3, N^ — 18, 
Nshot = 4. The resulting minimum spacing between RF refocusing pulses is 
10 ms. If the standard GRASE phase-encoding order illustrated in Figure 16.24 
is used, what is the effective TE and how many phase-encoding lines are 
collected? Assume that subsequent shots are placed at adjacent k y lines as illus- 
trated in Figure 16.23 and that phase-encoding lines symmetrically straddle 
the k y — line. 

Answer The standard GRASE phase-encoding order for this example places 
echo gl (the center echo) at the middle of k-space (see Figure 16.24). Also 
by analogy with Figure 16.24, the k y = line is straddled by RF spin echoes 
from the ninth and tenth (r = 8 and r — 9) RF pulses. This can also be seen 
from Eq. (16.32). Setting r = iV rf /2 -l,s = AW - 1, and g = (N gre - l)/2 
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FIGURE 16.27 2D GRASE with echo ordering similar to that normally used for 
multishot RARE for long effective TE (rotated bands phase encoding), (a) Echo 
number, (b) off-resonance phase, and (c) ^-induced amplitude modulation as a 
function of k y . 



gives k y = -Aky/2. Setting r = Nrf/2, s = 0, and g = (N gK - l)/2 gives 
k y = + Aky/2. The effective TE is approximately the average of the RF spin 
echo times for the ninth and tenth RF pulses. Therefore TE e ff = 9.5 x 10 ms = 
95 ms. The number of collected phase-encoding lines is 3 x 18x4 = 216. 



2D k-Banded Phase-Encoding Order The k-banded phase encoding 
(kbGRASE) was developed to alleviate some of the problems with the standard 
GRASE phase-encoding order (Feinberg et al. 1995). In this method, k-space 
is divided into bands, and each band is assigned to one continuous section 
of the spin echo train. Within each k-space band, one of the phase-encoding 
variations previously discussed is used. Figure 16.28 shows an example with 
Nri = 12, yVgre = 3 in which k-space is divided into three bands labeled A, B, 
and C. Each band is filled with data from four consecutive RF refocusing pulses 
using the standard GRASE phase-encoding order shown in Figure 16.24. In 
this example, the earliest band in the echo train is assigned to the center of 
k-space, giving a short effective TE. kbGRASE was developed to decrease 
some of the T2 weighting discontinuity that accompanies standard GRASE in 
exchange for increasing the off-resonance phase discontinuity. Another benefit 
of kbGRASE is that the effective echo time can be varied by simply chan- 
ging which band is assigned to the center of k-space. Also, the bands are not 
arily constrained to be of equal width. 
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FIGURE 16.28 kbGRASE with standard GRASE phase-encoding order for each 
k-space band, (a) Pulse sequence using N gre = 3 and TVrf = 12 with readout train 
divided into three bands A, B, and C. (b) Echo number as a function of k y . (c) Phase 
modulation has three bands with three monotonically increasing steps per band, (d) 72 
weighting has three bands, each with three subbands and four monotonically decreasing 
steps per subband. (Adapted from Feinberg et al. 1995.) 



Partial k y processing is somewhat simpler with kbGRASE than with stand- 
ard GRASE because a correspondence can be made between a contiguous 
group of RF refocusing pulses and a contiguous band in k-space; this is not 
possible with standard GRASE. For example, in Figure 16.28, a partial k y 
acquisition could be obtained by simply omitting band C in the echo train. 
On the other hand, in the example in Figure 16.24, if the last RF refocusing 
pulse and associated gradient echoes were omitted, there would be three gaps 
in the k y direction (echoes r3g0, r3gl, and r3g2), making partial Fourier 
reconstruction more difficult. 

An important variation of kbGRASE reverses the order in which the gradi- 
ent echoes are placed in k-space for every other k-space band. In the example 
shown in Figure 16.29, gradient echoes in band A (center of k-space) are 
placed in the order g2,gl, gO instead of gO, g 1 , g 1 . This reduces discontinuity 
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FIGURE 16.29 kbGRASE using reversed ordering of gradient echoes (g2, gl,gO 
instead of gO, g 1 , g2) for band A (center third of k-space). (a) Echo number, (b) off- 
resonance phase, and (c) ^-induced amplitude modulation as a function of k y . Phase 
modulation has fewer discontinuities. Amplitude modulation is unchanged. 



in the off-resonance phase accumulation, resulting in an increased ghost- 
ing frequency with reduced intensity. Further ghosting reduction is possible 
by varying the echo order within each k-space band (e.g., by using centric 
ordering). 

A comparison of eleven 2D GRASE phase-encoding orders, including 
standard GRASE, kbGRASE, and a partially randomized order, is given in 
Johnson et al. (1996a). Artifacts depend on off-resonance frequency and 7*2. 
For example, the linear order only works well when the resonance offset is 
zero because of the phase discontinuities, whereas the standard GRASE phase- 
encoding order works best when T2 is long because of the reduced 72-induced 
amplitude modulation. In this study, kbGRASE was found to be a good com- 
promise and generally gave the least artifacts. Spatial resolution was found to 
be about the same for all phase-encoding orders for a fixed ETL. Contrast was 
also found to be fairly independent of all phase-encoding orders for a fixed 
effective TE. Increasing the number of gradient echoes was found to generally 
increase artifact levels in both standard GRASE and kbGRASE. Therefore, 
most 2D GRASE studies use /V gre = 3. 

Example 16.7 A 2D GRASE pulse sequence uses yV gre = 3, N r f = 12, 
Af shot — 3. The minimum spacing between RF refocusing pulses is 8 ms. 
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A k-banded phase-encoding order with three bands is used. The first band is 
chosen to sample the center of k-space as shown in Figure 16.28. If the standard 
GRASE phase-encoding order is used within each band, what is the effective 
TE and how many phase-encoding lines are collected? 

Answer Each k-space band has four RF pulses. The standard GRASE phase- 
encoding order places echo g 1 (center echo) at the middle of k-space. The 
k y = line is straddled by RF spin echoes from the second and third (r = 1 
and r = 2) RF pulses. The effective TE is approximately the average of the RF 
spin echo times these two RF pulses. Therefore, TE e ff = 2.5x8ms = 20 ms. 
The number of phase-encoding lines is 3 x 12 x 3 = 108. 



TIPE GRASE Template interactive phase encoding (TIPE) attempts to 
make echo amplitude modulation maximally continuous as a function of k y 
(Jovicich and Norris 1998). A scan without phase encoding (also called a 
template scan or reference scan) is used to determine echo amplitudes as 
modulated by Tj and T 2 * decay. The phase-encoding order is then chosen 
to give continuity of the amplitudes for the desired echo time. Unfortunately, 
phase from off-resonance spin isochromats varies rapidly as a function of 
k y with this method, giving significant ghosting. Although the point-spread 
function is narrower for this method than for other phase-encoding strategies 
when the resonance offset is zero, this advantage is almost never realized in 
practice. Other phase-encoding strategies work better (kbGRASE or stand- 
ard GRASE), especially in areas of rapid susceptibility variation such as the 
sinuses. 

TIPE GRASE has been used in neurofunctional MRI (fMRI) based on 
BOLD contrast (Jovicich and Norris 1999). The sensitivity to 7 2 * effects is 
less than for gradient echo EPI (Section 1 6. 1 ) but more than for spin-echo- 
based sequences such as spin-echo EPI (Bandettini et al. 1994) and RARE 
(Constable et al. 1994; Gao et al. 1995). The 7 2 * contrast can be enhanced by 
T 2 * preparation (Jovicich and Norris 1999) as well as by assigning echoes with 
more 7 2 * weighting to the k-space center. 



2D Vertical GRASE A problem with all 2D phase-encoding orders dis- 
cussed so far is that both off-resonance phase accumulation and T2 decay affect 
the k y axis. Because both effects cannot be rendered continuous in k-space 
at the same time, some residual k-space discontinuity and ghosting result. 
Vertical GRASE (vGRASE) alleviates this problem by placing off-resonance 
phase accumulation along the k x axis while leaving 72-decay weighting along 
the k y axis (Oshio 2000). The artifacts are effectively spread in two direc- 
tions, resulting in lower overall artifact levels. The pulse sequence, shown in 
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Off-resonance phase ► 

FIGURE 16.30 (a) Vertical GRASE pulse sequence that collects multiple gradient 
echoes per RF refocusing pulse using an oscillating gradient, (b) A k-space trajectory 
for one shot of a multishot scan. Phase and amplitude modulation affect different 
s in k-space, reducing artifacts. (Adapted from Oshio 2000.) 



Figure 16.30, has an oscillating gradient on one k-space axis and a constant 
gradient on the other axis. The resulting k-space trajectory is a series of zigzags 
(possibly curved depending on the type of oscillating gradient used), each one 
covering an adjacent k y band. For maximal efficiency, sampling takes place 
continuously during the oscillating gradient. The images are typically recon- 
structed using gridding (Section 13.2). The method employing an oscillatory 
phase-encoding gradient and a constant readout gradient can also be employed 
in multishot EPI. 



3D GRASE If the Fourier encoding in the secondary phase-encoded 
direction (slice) is the same for each echo in the echo train, off-resonance 
phase accumulation and T2 decay are both placed along the k y direction, the 
same as for a 2D scan (Figure 16.31a). The extra degree of freedom for 3D scans 
allows a Fourier-encoding order that separates off-resonance and T2 effects, 
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FIGURE 16.31 3D multishot GRASE k-space ordering, (a) The secondary Fourier- 
encoding step is the same for each RF refocusing pulse, (b) The secondary Fourier- 
encoding step varies for each RF refocusing pulse to place T2 decay along the k z 
direction. Each box contains data for the indicated echo from all shots. (Adapted from 
Mugler 1999.) 



a method called SORT (Mugler 1999). By appropriately varying the secondary 
Fourier-encoding step for each RF refocusing pulse, the T2 decay can be placed 
along k z while phase accumulation remains along k y (Figure 16.31b). As in 
vGRASE, the k-space modulation is spread over two directions instead of one, 
which reduces artifacts. 



16.2.3 Echo Time Shifting 

The stair steps or discontinuities in the phase accumulated by off- 
resonance spins (e.g., in the standard GRASE phase-encoding order, 
Figure 16.24) have been shown to cause ghosting artifacts. These discontinuit- 
ies are also present in multishot EPI scans and can be decreased by using echo 
train shifting (ETS), also called a sliding window readout, echo time shift- 
ing, or echo shifting (Feinberg and Oshio 1992, 1994). Figures 16.32a and b 
show phase accumulated with the standard 2D GRASE phase-encoding order 
using Ngre = 3. Although phase accumulates linearly during each gradient 




FIGURE 16.32 (a) and (b) Phase accumulation without echo train shifting for the 
standard GRASE phase-encoding order. Phase is discontinuous at k x =0 but continu- 
ous at alternately the +k x and -k x edges of k-space. (c) and (d) Phase accumulation 
with echo train shifting. Phase is linear at k x — but discontinuous at all other values 
of k x . (Adapted from Mugler and Brookeman 1996.) 

echo, time reversal on alternate echoes reverses the direction of phase accu- 
mulation in k x for every other echo. The phase evolution is continuous at the 
+k x and —k x edges of k-space for alternate gradient echoes. However, the 
phase is discontinuous at all other k x values. Because the image is domin- 
ated by the behavior at k x = 0, the continuity causes ghosting. When ETS 
is used with GRASE, the train of bipolar readout gradients is either delayed 
or advanced slightly by a different amount for each RF refocusing pulse and 
each shot. Because the discontinuity between adjacent phase steps at k x = is 
due to the difference in phase accumulated between adjacent gradient echoes, 
distributing the echo times for all shots and RF pulses equally over the inter- 
echo duration r gre removes the phase steps. For example, for the standard 
GRASE phase-encoding order, continuity at k x = is obtained when the 
frequency-encoding waveform shift At(s, r) for each shot and RF pulse is 
given by: 



At(s,r) = (rNs hot + s)- 



. - IS (16.33) 
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FIGURE 16.33 Frequency-encoding waveforms with echo train shifting (first shot of 
a multishot scan with 7V rf = 4, N gre = 3). Dashed lines show waveforms without 
echo train shifting. The frequency-encoding waveform for each RF pulse is shifted by 
Tgre/Nrf relative to the waveform for the previous RF pulse, as shown by the dotted 
lines. The waveforms for other shots are shifted by multiples of 7g re /(A? rf N sho( ) relative 
to the waveform in the figure. (Adapted from Mugler and Brookeman 1996.) 



where T gTe is the spacing between adjacent gradient echoes. The shift in 
Eq. (16.33) is relative to the waveform location without ETS. An example 
is shown in Figure 16.33 for the first shot (5 = 0) of a multishot scan with 
/V rf = 4, N gTe = 3. The frequency-encoding waveform for the first RF pulse 
is shifted by -T gK /2. Waveforms for subsequent RF pulses are shifted by 
an additional +r gre /4 for each RF pulse. The waveform for the third RF 
pulse is therefore unshifted for this shot. Frequency-encoding waveforms for 
other shots are shifted by multiples of Tgre/iN^Nshoi) relative to the wave- 
forms shown in the figure For the standard phase-encoding order, the phase 
is converted from a series of steps into a linear function of k y at k x = 0. 
Although continuous at k x = 0, the phase is now discontinuous at all other 
values of k x (Figure 16.32c and d). According to the Fourier shift theorem, 
the lowest-order effect of the linear phase at k x = is a y-direction shift of 
the off-resonance magnetization in the image (misregistration). Ghosting of 
high-frequency information remains from discontinuity at k x ^ 0. 

A detailed study of ETS (Mugler and Brookeman 1996) shows that for 
relatively small resonance frequency shifts, ETS is beneficial by converting 
low-frequency ghosting into misregistration. As the resonance offset increases, 
however, there may be little benefit from ETS because of the increasing 
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discontinuity at the edges of k-space in the k x direction. The effect of the 
k-space discontinuity is somewhat object-dependent. More energy near the 
+k x and —k x edges of k-space results in higher ghosting. The discontinuity 
at the edges of k-space can be reduced by decreasing the total off-resonance 
phase accumulated during each gradient echo. For a fixed resonance frequency 
offset, this requires reducing the readout time for each gradient echo. If / cs and 
T acq are the resonance frequency offset and readout time per gradient echo, 
respectively, using a combination of ETS and r acq such that 2 f cs T aC q <5C 1 
gives negligible off-resonance ghosting (Mugler and Brookeman 1996). For 
fat at 1.5 T, / cs = 210 Hz, requiring T acq <S 2.4 ms. In practice, minimal 
artifacts have been observed for ETS combined with 7 acq ~ 1 ms. 

With 3D scans, the Fourier-encoding order can be chosen to give mono- 
tonically stepped phase evolution along k y . In this case, ETS is only applied 
along k y (i.e., the same echo shift is used for all slice encodings) to convert 
the stepped phase into a linear function of k y . 

When 2D phase-encoding orders other than the standard one are used 
(e.g., with kbGRASE), some phase discontinuity remains even with ETS and 
the benefit derived from ETS becomes less clear. One drawback of ETS is 
that it increases the minimum spacing between RF refocusing pulses by T gre 
and increases the minimum effective echo time by T gre /2. Many studies with 
GRASE do not use ETS but instead employ fat saturation to minimize the 
effects of off-resonance magnetization. 



16.2.4 Phase Correction 

In addition to the effort to reduce ghosting due to k-space discontinuity 
by using phase-encoding-ordering schemes, phase corrections similar to the 
ones used with EPI are almost always used with GRASE to further decrease 
ghosting artifacts associated with the bipolar readout gradients. Reference data 
acquired without phase encoding are typically used to remove the effects of 
linear and So eddy currents and hardware group delays. Linear eddy currents 
and group delays shift the echo location as a function of k x differently for the 
two gradient polarities. Bq eddy currents shift the overall phase of the echo dif- 
ferently for the two gradient polarities. More extensive discussion of EPI phase 
correction methods is given in Section 16.1. With GRASE, the reference data 
consist of either a complete scan without phase encoding (Jovicich and Norris 
1998) or an extra RF refocusing pulse and associated gradient echoes without 
phase encoding placed either at the beginning or end of the echo train. The pro- 
cessing of the reference data typically involves inverse Fourier transforming 
each echo to create a projection. The phase of the projection is then subtrac- 
ted from the phase of the inverse Fourier transform of each phase-encoded 
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echo along the readout direction. Fitting to the reference phase to remove 
only low-frequency components of the phase has also been used (Jovicich and 
Norris 1998). 

In addition to the EPI-type phase errors associated with the bipolar readout 
gradients, GRASE also has phase errors of the type found in RARE pulse 
sequences. These phase errors have many of the same sources as with EPI 
(hardware group delays and eddy currents, for example). Because different 
coherence pathways (e.g., primary spin echoes and stimulated echoes) accu- 
mulate different phase errors, these phase errors cannot be corrected using 
postacquisition processing but must be corrected for as with RARE by changing 
the readout prephasing lobe area and refocusing pulse phase. More extensive 
discussion of RARE phase-correction methods is given in Section 16.4. The 
mixing of EPI-type and RARE-type phase errors makes the phase correction 
very difficult and has hindered the introduction of GRASE into routine clinical 
practice. 

As mentioned previously, crushers for the refocusing pulse are usually 
placed on either the slice-selection or frequency-encoding axis. When the 
crushers are placed on the slice-selection axis, eddy currents from the crushers 
cause an echo amplitude shift that is difficult to measure with reference data 
due to the confounding effects of 7 2 * and T 2 decay. When the crushers are 
placed on the frequency-encoding axis, eddy currents from the crushers cause 
a shift in the echo position that can be measured with reference data (Luk-Pat 
et al. 1999). 

When ETS is used, some care must be taken with reference data to 
avoid making the artifacts worse. One study showed that reference data must 
be acquired with each individual echo shift At(s,r); otherwise the phase 
correction could actually degraded the images (Mugler 1995). 

16.2.5 Variations 

Several variations of GRASE produce multiple images with different con- 
trasts. A proton-density-weighted and a 72-weighted image can be acquired 
in the same scan (Feinberg et al. 1994). The short effective TE echoes are col- 
lected with a higher receiver bandwidth that also allows more gradient echoes 
per RF refocusing pulse. For example, with four RF refocusing pulses, seven 
gradient echoes are collected for the first RF refocusing pulse and three gradi- 
ent echoes are collected for each subsequent RF pulse. The first seven echoes 
are reconstructed into a short effective TE image whereas the nine subsequent 
echoes are reconstructed into a long effective TE image. Using N S hot = 28 
allows the collection of 196 and 252 phase-encoding lines, respectively, for 
the two images. 
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An alternative GRASE acquisition and reconstruction method (altGRASE) 
(Keller et al. 1996) uses N gTe — 3 with the center echo (RF spin echo) phase- 
encoded for a short effective TE (e.g. 30 ms) to produce spin density contrast 
and the two adjacent echoes (outer echoes), both phase-encoded for a long 
effective TE (e.g., 120 ms) to produce ^-weighted contrast. The two outer 
echoes are combined for better SNR and reconstructed separately from the 
center echo, resulting in two distinct images. The outer-echo images also have 
T 2 * weighting in addition to Tj weighting. The spacing between gradient echoes 
is also chosen to place water and fat out of phase for the outer two gradient 
echoes, giving a partial cancellation of fat signal near water-fat interfaces for 
the long effective TE image. altGRASE overcomes some of the problems with 
conventional spin echo and RARE. Multiple contrast images are produced 
more efficiently than with conventional spin echo scans. Fat has low intens- 
ity on the long effective TE image, similar to a conventional RF spin echo. 
Susceptibility weighting is increased in the long effective TE image compared 
to RARE (more like a conventional RF spin echo). altGRASE also avoids 
many of the problems with normal GRASE. There is no phase modulation in 
k-space because the two outer gradient echoes are not combined with the center 
RF spin echo. The amplitude modulation in k-space is the same as for RARE. 
Because echoes from even and odd polarity readout gradients are reconstructed 
separately, there is no sensitivity to eddy currents or group delays. The disad- 
vantage is that the acquisition is much less time efficient than for conventional 
GRASE. 

GRASE has also been combined with projection acquisition (RAD- 
GRASE) and the PROPELLER k-space trajectory (turboprop). These vari- 
ations are discussed in Section 17.5. 
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16.3 PRESTO 

In many MRI applications it is desirable to minimize the effect that 
susceptibility variation has on images, for example, to reduce signal loss near 
metallic implants. This has helped to bolster the popularity of conventional 
RF spin echo and RARE methods for routine clinical imaging. Sometimes, 
however, 7 2 * weighting is desired for applications such as perfusion ima- 
ging that use contrast agents, and fMRI based on the BOLD contrast (see 
Section 16.1). Because the T 2 * -weighting factor in gradient echoes is e~ TE / r 2 
(see Section 14.1), strong 7 2 * weighting requires a long TE. In other applica- 
tions, such as MR thermometry (i.e., temperature mapping), a long TE is also 
desirable to increase its sensitivity to proton resonance frequency offset. The 
main advantage of gradient echo pulse sequences, however, is their short TR, 
which provides acquisition speed. Because generally TE < TR, the use of con- 
ventional gradient echoes for these applications has been limited. By allowing 
TE to exceed TR, echo-shifted (ES) pulse sequences such as principles of echo 
shifting with a train of observations (PRESTO) (Liu, Sobering, Duyn, et al. 
1993) enable the rapid acquisition of images that require a long TE. 

Several other types of pulse sequences, such as gradient-echo EPI 
(Section 16.1) and reversed spiral (Section 17.6) also allow the rapid acquisi- 
tion of T 2 * -weighted images. Because ES pulse sequences use gradient echoes 
(or an EPI readout with a relatively short ETL as in PRESTO), they are gener- 
ally more robust against image-quality problems (e.g., blurring or distortion) 
than these other methods. 



16.3. 1 Echo-Shifted Gradient Echo 

Basic ES Pulse Sequence An ES gradient echo pulse sequence includes 
modified or additional gradient lobes that delay the echo formation by at least 
one TR interval (Moonen et al. 1992; Liu, Sobering, Olson, et al. 1993). 
A representative example of an ES gradient echo pulse sequence is shown in 
Figure 16.34. The modified gradient lobes are played on the slice-selection 
waveform in this example. The slice-selection rephasing gradient lobe has 
(negative) area —2A, which is equal to twice its normal value. (ES pulse 
sequences generally use a symmetric RF excitation pulse that has its isodelay 
point at the center of the slice-selection gradient lobe, so the modified slice- 
rephasing area is approximately equal to the area of the entire slice-selection 
gradient lobe.) The extra gradient area in the slice rephasing lobe (shaded) acts 
as a spoiler (Section 10.5) to dephase the transverse magnetization, so that no 
signal is observed in the first TR interval. After the first readout (during which 
data acquisition is skipped), a positive gradient lobe of area +A is played on 
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FIGURE 16.34 ES gradient echo pulse sequence. The slice rephasing lobe has area 
— 2A, instead of its normal value —A. The extra gradient lobe of area —A (shaded) 
dephases the MR signal in its own TR interval. The lobe of area + A that is applied after 
the readout allows the transverse magnetization to be rephased into a gradient echo in 
the next TR interval, therefore giving TE > TR. (Only a single amplitude of the phase 
encoding and rewinder gradient is played in each TR interval. The stepped waveform 
is shown here to emphasize the similarity between the ES and standard gradient echo 
pulse sequences.) 



the slice-selection axis so that the transverse magnetization is again in phase 
at the end of this gradient lobe. The next two lobes on the slice axis, the slice 
selection and rephasing for the next TR interval, have equal and opposite areas 
of 2A and — 2A, respectively. After these two lobes are applied, the portion of 
the transverse magnetization that is produced by the first RF pulse (and is not 
perturbed by the second RF pulse) can be rephased in the center of the readout 
window, as shown on Figure 16.34. The transverse magnetization produced 
by the second RF pulse is dephased and does not contribute to the signal at the 
second readout window. Instead that magnetization is refocused at the third 
readout window. In general, the transverse magnetization created by the j th RF 
pulse is refocused at the (j + 1 )th readout window. In this way, TE > TR is 
achieved. 
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The pulse sequence in Figure 16.34 shares several features in common 
with standard gradient echo sequences. For example, the frequency-encoding 
waveform shown is equivalent to that used in balanced SSFP (i.e., true FISP) 
because its net gradient area is zero in any TR interval. Also, as with most 
other gradient echo pulse sequences, a phase-encoding rewinder is applied. 
The RF pulses can be applied either in a coherent train (i.e., X — TR — 9 X — 
TR — X ) or with RF spoiling. 

As described in Chung and Duerk (1999), there are many variations on the 
basic ES pulse sequence shown in Figure 16.34 which is only a representative 
example. One common variation is to use ES gradient echo with 3D acquisi- 
tion mode. Pulse sequence diagrams for 3D ES gradient echo are shown, for 
example in Duyn et al. (1994) and Golay et al. (2000). Also, although almost 
all ES pulse sequences are gradient-echo-based, there is an RF spin echo ana- 
log called interlaced spin echo, as described in Duyn (2000). ES techniques 
can also be applied to stimulated echo acquisitions, as described in Mori et al. 
(1997). 

More General Echo-Shifting Gradient Lobes The basic ES pulse 
sequence shown in Figure 16.34 can be generalized by considering the ES 
gradient lobes independently from the rest of the pulse sequence. Three 
examples of design strategies are shown in Figures 16.35 to 16.37. In these 
figures, A' denotes an arbitrary gradient area that is sufficiently large to spoil 
the transverse magnetization. It is not necessarily equal to A, which is one- 
half the area of the entire slice-selection gradient lobe shown in Figure 1 6.34. 
Each of these three echo-shifting strategies can be applied to logical gradient 
waveform(s) that have zero net area in any TR interval. For example, the slice- 
selection, frequency-encoding, or phase-encoding waveforms of the balanced 
SSFP pulse sequence (Figure 14.12) can provide the basic waveforms to which 
the echo-shifting lobes are added. 

One strategy to shift the echo by one TR interval is to apply gradient 
lobes of area —A' and +2A' before and after each readout, respectively, 
as shown in Figure 16.35. The slice-selection waveform of the standard ES 
pulse sequence shown in Figure 16.34 is a special case of this more general 
strategy. This can be verified by setting A' = A and adding lobes as shown 
in Figure 16.35 to the balanced SSFP slice-selection waveform that has the 
characteristic (—A, +2 A, —A) gradient lobe grouping. 

Figure 16.36 shows a second strategy that shifts the echo by one TR inter- 
val. The spoiler gradients, which are played before the readout, have equal 
area A', but their polarity alternates every TR interval. These spoiler gradi- 
ents, which are also called crusher gradients in the literature, are often used 
in conjunction with RF spoiling to dephase the transverse steady state in ES 
pulse sequences. Both this strategy and the one shown in Figure 16.35 can 
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FIGURE 16.35 A general set of gradient lobes designed to delay the echo formation 
by one TR interval. The additional gradient can be added to the slice-selection or 
frequency-encoding waveforms shown or to the phase-encoding waveform (not shown) 
if a rewinding gradient is used. 
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FIGURE 1 6.36 Another general strategy designed to delay the echo formation by one 
TR interval. The entire pulse sequence repeats with a period of two TR intervals. 
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FIGURE 16.37 A set of gradient lobes designed to delay the echo formation by two 
TR intervals. The three-pulse sequence repeats with a period of three TR intervals. 



be applied to the same pulse sequence because they both delay the echo by 
one TR interval. An advantage of using the strategy in Figure 16.36 is that 
the absolute value of the total spoiler gradient area per TR interval is reduced 
by a factor of three. A disadvantage of this strategy, however, is that the 
spoiler gradients are periodic every two TR intervals, so if there are uncom- 
pensated eddy currents, a half-FOV (i.e., Nyquist) ghost can result, as shown in 
Section 16.1. 

Usually the echo is shifted by just one TR interval, so that, TR < TE < 
2 x TR. Values of TE greater than 2 x TR further increase T 2 * weighting. These 
longer shifts are implemented with gradient lobes that vary periodically over 
a few TR cycles (Liu, Sobering, Olson, et al. 1993). For example, to shift the 
echo by two TR intervals, an additional gradient lobe with area — 3 A' can be 
played before the readout in the first TR interval, 2 A' in the second, and A' 
third TR interval (Figure 16.37). The entire cycle then repeats every three TR 
intervals, resulting in 2 x TR < TE < 3 x TR. 

It is useful to define n as the number of TR intervals by which the echo is 
shifted. Then: 



TE = TE + «TR 



(16.34) 
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where TE is the echo delay in the absence of shifting. From Eq. (16.34), the 
T 2 * weighting of the shifted echo is given by: 

e -TE/T* _ e -(TE +nTR)/T* = e -TE /T* e ~nTR/T* (16.35) 

When n = 2, the factor of e "" TR/7 2* in Eq. (16.35) is reminiscent of the 
contrast weighting for the SSFP echo, which in some limits contains the factor 
e -2TR/T 2 ( see Section 14.1). An important difference is the appearance of T 2 * 
in Eq. (16.35), rather than Tj. 



Spoiling and Signal Considerations ES gradient echo pulse sequences 
can be designed either to establish a transverse steady state, or to be spoiled. 
Sometimes the spoiled gradient echo sequences are called ES-FLASH. Some of 
the early work on ES gradient echo pulse sequences (e.g., Moonen et al. 1992) 
did not apply a phase-rewinding lobe, so that the phase-encoding gradient itself 
served as a gradient spoiler. (When no rewinder is used, the area of each phase- 
encoding lobe must be reduced by a factor of (n + 1 ) to account for the multiple 
phase encodings that the transverse magnetization experiences.) As discussed 
in Chung and Duerk (1999), RF spoiling is more effective when the gradient 
waveform area is unbalanced (e.g., the additional spoiler gradient shown in 
Figure 16.36 is applied). As with standard gradient echoes, RF spoiling is 
usually the preferred method (if any spoiling is desired) to avoid image artifacts. 
The receiver phase used to demodulate the signal, however, is not matched 
to the phase of the RF excitation pulse in the same TR interval but instead to 
the phase of a previous one that depends on how many TR intervals the echo 
is shifted. For example, in the typical case of n = 1 , the receiver phase is 
matched to the phase of the RF excitation pulse from the TR interval that 
immediately precedes it, because it generates the FID that is rephased into the 
ES signal. 

When spoiling is used in conjunction with ES, the resulting signal is given 
by (Moonen et al. 1992; Chung and Duerk 1999): 

S E s, S po,i = MosmScos 2 " (°-) Jil£l^) ,-W^-^/J? 
F \2) (1 -costfe -11 */'!) 

(16.36) 

Equation (16.36) is very similar to the expression for a standard spoiled 
gradient echo pulse sequence (Section 14.1). One difference is the addi- 
tional r 2 *-weighting factor e - nTR / T 2, which originates from Eq. (16.35) and 
is the main benefit of ES pulse sequences. The other difference is the appear- 
ance of the extra factor cos 2 " (9/2), which also attenuates the signal but 
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does not provide any beneficial contrast. The origin of this cosine factor can 
be seen from the analysis of the coherence pathways in echo formation. In 
Section 3.3 on refocusing pulses, the response of the transverse magnetization 
is derived when RF pulses of flip angles 9\ and 02 are applied. The result- 
ing expression (Eq. 3.39) contains a term proportional to sin#i cos 2 (#2/2), 
which represents the magnetization that remains in the transverse plane dur- 
ing the entire TE time. This term represents the signal that is rephased into 
the shifted gradient echo. Setting 9\ = 02 = 9 (to match the RF pulse train 
used in ES gradient echo) illustrates the origin of the factor sin 6 cos 2 (0/2) 
(instead of sin# alone) for an echo shifted by one TR interval (n = 1). 
With each additional TR period that the echo is shifted, the magnetiza- 
tion experiences another RF pulse, which introduces one more cos 2 (#/2) 
factor. The product of all those factors explains the appearance of cos 2 " (9/2) 
in Eq. (16.36). 

Example 16.8 Suppose a standard spoiled gradient echo pulse sequence is 
acquired with TE — 5 ms, TR = 20 ms, and 6 = 30°. Assuming r 2 * = 40 ms, 
calculate the extra signal attenuation that the spoiled ES gradient echo pulse 
sequence experiences compared to a standard spoiled gradient echo. Consider 
shifts by one and two TR intervals (i.e., n = 1 and 2). 

Answer The extra signal attenuation for a spoiled ES pulse sequence has 
two contributing factors: T 2 * dephasing and the cosine factor. For n = 1, 
Eq. (16.36) yields e" 20 / 40 = 0.607 and cos 2 (15°) = 0.933. The product of 
the two factors is 0.566, so the net attenuation is increased by 43% compared 
to an unshifted spoiled gradient echo. For n = 2 both attenuation factors are 
squared, so the net additional attenuation is 68%. 

One consequence of the cosine factor in Eq. (16.36) is that the flip angle 
is generally restricted to low values in spoiled ES pulse sequences, espe- 
cially when n > 1 . Otherwise, the factor of cos 2 " (9/2) causes a substantial 
attenuation of the signal. 

If RF spoiling is not used and the phase-encoding gradient is rewound, 
a steady state for the transverse magnetization is established with ES pulse 
sequences. In that case Eq. (16.36) is no longer valid. Sometimes this 
class of ES pulse sequences is called TR-periodic because even if n > 1 
the pulse sequence repeats after a number of TR intervals. For example, 
the pulse sequence in Figure 16.37 has n = 2, but still repeats every three 
TR intervals. A detailed discussion of the mechanisms of signal formation 
in TR-periodic pulse sequences is provided in Chung and Duerk (1999), 
closed-form analytical expressions for the signal are derived in Hanicke and 
Vogel (2003), and further discussion is provided in Denolin and Metens 
(2004). From an image contrast standpoint, TR-periodic ES pulse sequences 
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display higher signal fluid at moderate flip angles compared to their spoiled 
counterparts. 



16.3.2 Echo Train Echo-Shifted Sequences 

To further increase acquisition speed, ES pulse sequences are often 
combined with echo train imaging, as in PRESTO. Figure 16.38 shows a rep- 
resentative pulse sequence diagram for PRESTO. As in Figure 16.34, modified 
gradient lobes on the slice-selection waveform delay the echo formation by one 
TR interval. The frequency-encoding waveform now contains a train of EPI- 
type readouts (e.g., a train of six bipolar gradient lobes is shown here). A small 
positive gradient lobe is played on the frequency-encoding axis after the echo 
train. This ensures that the net gradient area in any single TR interval is zero 
because the frequency-encoding waveform is not contributing to the echo shift 
in this example. Before each readout window, a gradient lobe is played along 
the phase-encoding axis to produce an individually phase-encoded k-space line 
(Section 16. 1). In this example, the use of the echo train reduces the number of 
TR intervals required to cover k-space and complete the acquisition (i.e., the 
number of shots) from Nphase + 1 to (N phase /6) + 1 , where N pha&e is the number 
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FIGURE 16.38 Pulse sequence diagram for PRESTO pulse sequence with an echo 
shift of one TR interval and an echo train length of six. 
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of phase-encoding steps. A more general expression for the number of shots 
required to cover k-space is: 

= j Nphase/Wetl + " if(Nphase mod /V e tl) =0 

shot jint(Ar phase /;Ve,i)+/i + l if(/V phase mod N e& ) ± 

where the int function provides the integer part of its argument and the modulo 
(mod) function gives the remainder of integer division. (Equation 16.37 does 
not include any dummy acquisitions used to reach a steady state.) The echo 
train length JV e ti in PRESTO is usually limited to 20 or shorter, which reduces 
the image distortion due to off-resonance effects as well as blurring artifacts 
that can occur in echo planar images in the presence of short T 2 * (Farzaneh et al. 
1990). To further accelerate the PRESTO acquisition, partial Fourier (Brookes 
et al. 2000) and parallel imaging methods such as SENSE (Golay et al. 2000) 
can be used. 

As shown on Figure 16.38, a negative phase-encoding prephasing lobe 
initializes the k-space trajectory away from k y = 0. The amplitude of the 
prephasing lobe is incremented each TR interval. A series of positive blip 
phase encodings are then applied in between the readouts for k-space traversal 
in the k y direction. At the end of the echo train, a negative rewinding lobe is 
applied so that the net area on the phase-encoding waveform is zero in any TR 
interval. A diagram that schematically depicts a typical interleaved traversal of 
k-space is shown in Figure 16.39, and additional discussion on the interleaved 
k-space trajectory is provided in Section 16.1. The echo with greatest amplitude 



FIGURE 16.39 Schematic interleaved k-space traversal diagram for the PRESTO 
pulse sequence shown in Figure 16.38 with 18 views N et \ = 6 and /V s hot = 3). The 
solid lines indicate the k-space trajectory obtained from the first echo train, the dotted 
lines from the second, and the dashed lines from the third. 
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occurs near the center of k-space, that is, where the accumulated blip area 
cancels (or most nearly cancels) the area of the prephasing lobe. That echo 
provides an effective echo time TE e ff = TE e ff,o + nTR, which replaces TE 
in Eq. (16.35). 

As in other echo train methods, PRESTO is very sensitive to hardware 
imperfections such as inconsistent group delays or uncompensated eddy cur- 
rents, especially when the polarity of the readout gradient alternates along the 
echo train. As described in Section 16.1, the flyback (i.e., skip-echo) method 
can be used to increase robustness at the cost of acquisition efficiency. The dis- 
cussion in Section 16. 1 about artifacts in EPI and corrections generally applies 
to PRESTO. An example of a calibration that uses a reference scan to minimize 
artifacts for 3D-PRESTO is described in Hoogduin et al. (2000). 

16.3.3 Applications 

Applications of ES gradient echo and PRESTO include any imaging situa- 
tion in which T 2 * -contrast weighting or a long TE is desired in conjunction 
with rapid acquisition. Perfusion imaging based on dynamic susceptibility 
changes induced by a bolus of gadolinium chelates (Moonen et al. 1992, 
1994; van Gelderen et al. 2000) and fMRI based on the BOLD contrast (Duyn 
et al. 1994; Golay et al. 2000) are relatively well-established applications of 
PRESTO. One advantage that has been reported for using PRESTO in fMRI 
applications at 1 .5 T is that confounding signal activation is less likely to occur 
in areas of the draining veins compared to standard gradient-echo EPI (Denolin 
et al. 2000) because the additional echo-shifting gradients tend to dephase 
moving spins. 

Another application of ES pulse sequences is MR thermometry (de Zwart 
et al. 1996; Harth et al. 1997) using the dependence of proton resonance 
frequency (PRF) on temperature (De Poorter et al. 1995). Applications of 
PRF methods include in vivo temperature monitoring during procedures such 
as focused ultrasound tissue ablation. PRF methods calculate a temperature- 
difference map by forming a phase-difference image based on acquisitions 
obtained at two different temperatures. Because the change in PRF with tem- 
perature is very small (e.g., -0.01 ppm/°C for water; Hindman 1966), the 
sensitivity of the methods increases with TE. An excessively long TE, how- 
ever, results in SNR loss due to 7 2 * dephasing. This trade-off causes the optimal 
TE for PRF thermometry to be on the order of 7 2 *, which is usually attainable 
with ES acquisition methods. 

Diffusion imaging with PRESTO has also been demonstrated (Delalande 
et al. 1999). One diffusion-sensitizing gradient lobe is placed in each TR inter- 
val. The polarity of the lobes alternates between adjacent TR intervals, just 
like the additional spoiler gradient shown in Figure 1 6.36. Although a long TE 



16.3 PRESTO 773 

is not usually considered to be an advantage in diffusion imaging, PRESTO 
allows the two lobes of the diffusion-weighting gradient to be separated by TR. 
Because the b- value is linearly proportional to the separation A of the two lobes 
(see Section 9.1), this allows high &- values to be obtained in a time-efficient 
manner. The efficiency of diffusion-weighted PRESTO is further improved by 
the fact that each diffusion-weighting gradient lobe serves a double function. 
That is, each lobe contributes to the diffusion weighting of the signal that is 
acquired in its own TR interval and also to the next one. Another advantage of 
diffusion imaging with PRESTO is that the image distortion often observed in 
single-shot EPI is avoided. As with other multishot diffusion techniques, how- 
ever, the motion sensitivity can be problematic and often requires correction 
or compensation. 
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16.4 RARE 

Rapid acquisition with relaxation enhancement (RARE) is a fast imaging 
sequence that employs an RF excitation pulse followed by a train of refocusing 
pulses to produce multiple RF spin echoes (Hennig et al. 1986; Hennig 1988). 
Unlike the multiecho spin echo sequences discussed in Section 14.3, each echo 
in RARE is distinctively spatially encoded so that multiple k-space lines (or 
trajectories) can be sampled following each excitation pulse. This way, the 
total imaging time can be considerably reduced. For example, if 16 echoes 
are distinctively phase-encoded in RARE, the total acquisition time can be 
decreased by a factor of 16 compared to a single-echo spin echo sequence with 
otherwise identical parameters. 
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RARE is compatible with virtually all k-space sampling strategies, includ- 
ing (but not limited to) rectilinear Fourier imaging (Hennig et al. 1986), 
projection acquisition (Hall and Sukumar 1984; Trouard et al. 1999), PRO- 
PELLER (Pipe 1999), spiral (Pauly et al. 1993), and circular sampling (Zhou 
et al. 1998). In this section, we primarily focus on Fourier imaging (i.e., 
Cartesian k-space trajectories). Most of the discussion and analyses, however, 
can be readily generalized and adapted to other k-space sampling strategies. 

RARE can be used in either 2D or 3D acquisition mode. In 2D RARE, 
the acquisition of multiple slice locations is almost always interleaved because 
the TR is typically much longer than the sequence length. In 3D RARE, phase 
encoding along one of the two phase-encoded directions is performed through- 
out the echo train while conventional phase encoding (i.e., one phase encoding 
step for each TR) is carried out along the other direction. The considerable time 
savings afforded by RARE make it possible to acquire 3D ^-weighted images 
in clinical settings. 3D RARE is also useful in black blood MR angiography 
(Section 15.1). Further discussion of 2D and 3D RARE sequences is provided 
in subsection 16.4.1. 

The primary advantage of RARE is the reduction in scan time compared 
to conventional spin echo sequences, especially for 72-weighted imaging. 
Although similar or even better scan-time reduction can be achieved using 
EPI (Section 16.1) or GRASE (Section 16.2), RARE images are less sens- 
itive to off-resonance effects, such as Bo-held inhomogeneity and tissue 
magnetic susceptibility variations. Its superior image quality makes RARE 
widely accepted for clinical diagnosis. For example, RARE has virtually 
replaced the conventional spin echo sequence for ^-weighted imaging. The 
major drawbacks of RARE include increased RF power deposition, blurring, 
edge enhancement, ghosting, and altered image contrast due to increased 
lipid signal intensities and magnetization transfer effects. In addition, RARE 
has reduced signal loss from magnetic susceptibility effects. Although this 
can be advantageous when imaging the sinuses, skull base, or near artifact- 
producing metallic objects, it can be a slight disadvantage when imaging 
small hemorrhagic lesions or iron-containing tissue regions. These prob- 
lems and some of their remedies are further discussed in subsections 16.4.4 
and 16.4.5. 

The reconstruction of RARE images is straightforward. For rectilinear 
k-space, Fourier reconstruction (discussed in Section 13.1) can be applied. Due 
to phase reversal of the transverse magnetization imposed by each refocusing 
pulse, all k-space lines sampled by a RARE sequence point in the same dir- 
ection, provided that the readout gradient does not change its polarity. Thus, 
unlike EPI reconstruction, there is no need for row flipping (i.e., to reverse 
the k-space line for alternate echoes). For polar (including radial and circu- 
lar) k-space data, either filtered back-projection or gridding can be used. For 
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other non-Cartesian k-space data, gridding followed by Fourier reconstruction 
(Section 13.2) is often the method of choice. 

Since the initial introduction of RARE (Hennig et al. 1986), a number 
of variations and modifications have been developed (Mulkern et al. 1990; 
Melki et al. 1991; Le Roux and Hinks 1993; Constable et al. 1992). Along 
with these developments, many names have also been proposed, including fast 
spin echo (FSE), turbo spin echo (TSE), fast acquisition interleaved spin echo 
(FAISE), and others. We will use RARE or FSE, in a general sense, for all 
these sequences. 



16.4.1 RARE Sequences 

Echo Train Length Let us first consider a conventional single-echo RF 
spin echo pulse sequence with a typical receiver bandwidth of Av = ±16 kHz 
and a readout matrix size of 256. The acquisition time (i.e., the time when 
the A/D converter is sampling data) for this pulse sequence is 256 x (1/(2 x 
16)) = 8 ms per TR interval. Once the transverse magnetization is created, 
its lifetime is governed by the spin-spin relaxation time T2, which is approxi- 
mately 100 ms for many tissues. This example illustrates that the conventional 
spin echo pulse sequence acquires data only for a small fraction of the lifetime 
of the transverse magnetization; the considerable portion of signal that can be 
potentially acquired before or after the acquisition window is wasted. 

After the acquisition of the spin echo shown in Figure 16.40, suppose that 
another 180° refocusing pulse is applied at time 3r, where r is the time inter- 
val between the 90° and the first 180° pulse shown in Figure 16.40. Then 
the dephased magnetization vectors are pancake-flipped about the axis of 
the 180° pulse, leading to another spin echo at 4t. This echo can be used 
to sample a second view from k-space. Usually the second view provides 
another phase-encoded line in Fourier imaging, but it can also be used for 
a second frequency-encoded radial line in a projection acquisition, a second 
interleaf in a spiral scan, or an additional trajectory in other k-space sampling 
schemes. As long as the transverse magnetization does not substantially decay 
by T2 relaxation, additional 180° refocusing pulses can be applied to form 
a train of spin echoes. The echo train, generated after a single excitation of 
the magnetization, can thus sample multiple k-space views. The number of 
primary spin echoes (i.e., spin echoes associated with each refocusing pulse; 
see additional discussion in subsection 16.4.2) produced by a RARE sequence 
is known as the echo train length (ETL; N et \). Netl is generally the same 
as the total number of RF refocusing pulses. If all echoes are distinctively 
phase-encoded, then N et \ equals the number of k-space lines acquired per 
TR interval. 




FIGURE 1 6.40 The relationship between a conventional RF spin echo pulse sequence 
and RARE. The spin echo sequence stops at the dashed vertical line, whereas RARE 
continues with additional refocusing pulses and echo acquisitions. A/D, analog-to- 
digital converter, signifying the actual data acquisition. 



ETL is an important parameter of RARE sequences. It directly determines 
the scan-time reduction factor compared to conventional spin echo sequences. 
The longer the ETL, the more scan-time reduction. The maximal ETL that 
is practical is determined by two factors: tissue T2 relaxation times (i.e., the 
lifetime of the transverse magnetization) and the interval between the peaks of 
two consecutive spin echoes. The latter is also known as echo spacing (ESP; 
denoted by / e sp and shown in Figure 1 6.40). If the refocusing pulses are evenly 
spaced in time, then f e sp is equal to 2r, which is the interval between two 
adjacent refocusing pulses. 



Example 16.9 Consider a spin system with an average T2 relaxation time 
of 100 ms. If spin echoes are acquired prior to the time when the transverse 
magnetization decays to 20% of its peak value, what is the maximal N el \ that 
can be acquired when r eS p = 8 ms? If f es p is shortened to 4 ms by reducing the 
refocusing pulse width, what is the new maximal N el \? 



Answer The transverse magnetization decays according to S = Soe~'/ Tl , 
where So is the peak transverse magnetization immediately following the excit- 
ation pulse. Substituting S = 0.2Sq and Ti = 100 ms into the signal equation, 
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we obtain t = 160.9 ms. If r esp = 8 ms, then the maximal N et \ is 
160.9 ms 



Wetl = 



If fesp = 4 ms, N a \ increases to 40. 



8 ms 



- %20 



2D RARE A 2D RARE sequence starts with a 90° RF excitation pulse 
followed by a train of refocusing pulses. The phases of the refocusing pulses are 
shifted by 90° with respect to the phase of the excitation pulse (Figure 1 6.4 1 ) to 
improve the robustness of the sequence with respect to B\ -field nonuniformity 
(Meiboom and Purcell 1 958). The interval between the refocusing pulses is typ- 
ically twice as long as the time delay x between the excitation and first refocus- 
ing pulse (Figure 16.41), although sequences that do not satisfy this condition 
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FIGURE 16.41 A 2D RARE sequence. The 90° is an excitation pulse and 9 2 , y , 6> 3j> ., 
&4, y , 0s, y , ... are the refocusing pulses. The subscripts x and y indicate the axis along 
which the RF pulse is applied in the rotating reference frame. The slice-rephasing 
gradient is combined with the left crusher gradient of the first refocusing pulse. 
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have also been developed. The timing and phase relationship of this RF pulse 
train, also called a Carr-Purcell-Meiboom-Gill (CPMG) train (Section 1 1.5), 

can be denoted by (90°— -t— 2 ,>— 2r — 3 , v — 2t — 6 4<y ) where 9 2 , #3, 

04, . .. are the flip angles of the refocusing pulses, and the subscripts x and y 
represent the phase of the corresponding pulse in the rotating reference frame. 
If every RF refocusing pulse has a flip angle of 1 80° the spin echo signals are 
maximized. In practice, this condition cannot always be satisfied throughout 
the entire imaging volume because of B\ -field nonuniformity and slice-profile 
imperfections, even when 1 80° flip angles are intended. In addition, practical 
considerations, such as RF power deposition, as measured by the SAR, often 
necessitate refocusing pulses with smaller flip angles (e.g., 130-160°) (sub- 
section 16.4.5). Finally, the refocusing pulses need not have the same flip angle 
throughout the echo train. By adjusting the flip angles individually, signal vari- 
ations can be regulated, in a procedure called echo stabilization (Le Roux and 
Hinks 1993). 

For 2D RARE, the RF excitation pulse and refocusing pulses are usually 
both slice selective. Pulses with linear phase are most popular, although a 
minimum-phase SLR excitation pulse can be used to reduce x . A slice-selection 
gradient is played out concurrently with each of these pulses. A slice-rephasing 
gradient is also needed following the excitation pulse. This gradient is often 
combined with other gradient lobes (e.g., a crusher) prior to the formation 
of the first echo. To select the desired signals while eliminating the unwanted 
ones (subsection 16.4.2), a pair of crusher gradients straddling each refocusing 
pulse is also required, as detailed in Section 10.2. 

An identical readout gradient lobe is played to frequency-encode each 
echo. Prior to the first readout gradient lobe, a prephasing gradient (played 
between the excitation and first refocusing pulses) is required to center the 
echo in the first readout window. Additional prephasing gradient lobes are 
not required for the subsequent readouts because the second half of the pre- 
ceding readout gradient serves this purpose. Although the readout window is 
most commonly centered on the peak of an echo to reduce sensitivity to off- 
resonance effects, the acquisition window can also be shifted with respect to 
the echo peak for applications such as two-point or three-point Dixon imaging 
(Section 17.3). 

A phase-encoding gradient is played out after each refocusing pulse, but 
before the readout gradient. As discussed in subsection 16.4.2, an accompa- 
nying phase-rewinding gradient is necessary to ensure the signal coherence. 
All the phase-encoding and phase-rewinding gradient lobes typically have the 
same pulse width but varying amplitude throughout the echo train to produce 
multiple k-space lines as shown in Figure 16.41 (an exception is discussed 
in subsection 16.4.6). The assignment of the phase-encoding values to the 
echoes in the echo train determines the image contrast and influences the 
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image artifacts. The details of how to distribute the echo signals in k-space are 
discussed in subsection 16.4.3. 

For 2D Fourier imaging (assuming a single-slice acquisition), the total 
scan time of a RARE sequence is given by 

^scan, 2D = TR X A^ct X NEX (16.38) 



A/ _f Nphase/Netl if ( Vphase mod N eti ) = .,.„, 

yVsh0t - J int (yV phase /7V etl ) + 1 if (/V phase mod JV e „) #= (16 - 39) 

where the int function takes the integer part of its argument, the modulo (mod) 
function gives the remainder of the integer division, jV sho t is the number of 
shots, and /Vphase is the number of required phase-encoding steps to reconstruct 
a 2D image. Comparing Eq. (16.38) with Eq. (14.50) in Section 14.3, the total 
scan time is reduced by approximately a factor of A^ et i for the single-slice 
case. Equation (16.38) can also be adapted to non-Fourier imaging, such as 
projection acquisition and spiral scan with /Vphase being replaced by the total 
number of radial lines and spiral interleaves, respectively. 

For interleaved multislice 2D acquisition (Section 11.5), Eq. (16.38) 
remains the same when data from all the slice locations can be acquired within 
a TR. This generally implies that the following two conditions must be met 
simultaneously. First, the product of the number of slices /V s h ce and RARE 
sequence length r seq must not exceed TR (i.e., /V slice x r seq < TR). Second, 
the S AR must be within predetermined limits. If either condition is not satisfied, 
the scan time in Eq. (16.38) increases to: 

FscarUD = TR x AW x NEX x N acq (16.40) 

where /V acq is the total number of acquisitions, as defined in Section 1 1 .5. 
The RARE sequence length is approximately given by: 

^seq ~ /Vetl X / esp (16.41) 

Equation (16.41) neglects any preparatory pulses and end-of-sequence mod- 
ules, such as spoiler gradients and driven equilibrium RF pulses. For 2D 
multislice imaging with acquisition greater than 1 (i.e., /V acq > 1), changing 
ETL does not necessarily affect the total scan time. Consider a 2D RARE 
acquisition where /V acq = 2, /V et i = 64, and Aphase = 64. If N et i is reduced 
from 64 to 32, N s ^ ot must be doubled to acquire the same number of phase- 
encoded k-space lines (Eq. 16.39). The sequence length r seq , on the other hand, 
is halved (Eq. 16.41), which allows more slices (approximately twice as many 
when SAR is kept constant) to be incorporated into a TR. This reduces A r acq 
by a factor of two. The total scan time therefore remains unchanged according 
to Eq. (16.40). This is illustrated in Figure 16.42. 



1st acquisition 


2nd acquisition 


TR 


TR 


| T se, || 7- seq || 


r„ | r„, | 
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ETL 32 32 32 32 32 32 32 32 

FIGURE 16.42 An example illustrating that reducing ETL does not necessarily 
increase the total scan time in 2D multislice imaging, (a) N et \ = 64, yv s h t = 1; 
(b) A'eti = 32, iV S [,ot = 2. A total of 64 phase-encoding steps are assumed in both 
cases. 



3D RARE 3D volume RARE enables the acquisition of thin contiguous 
slices in a reasonable time while avoiding some of the image artifacts that can 
occur with gradient echo images (Hennig et al. 1987; Oshio et al. 1991). In 
principle, 3D volume RARE does not require selective RF pulses, but it is 
usually used to reduce slice wraparound (i.e., aliasing). When a single slab is 
imaged, the 90° excitation pulse is usually selective, but the refocusing pulses 
do not need to be (Figure 16.43). Nonselective refocusing pulses can shorten 
ESP, which allows a longer ETL to be used in the sequence. When multiple 
slabs are acquired, however, all RF pulses should be selective to allow slab 
interleaving. 

The readout gradient waveforms of 2D and 3D RARE are identical 
(Figure 16.43). Phase encoding throughout the echo train can be performed 
along either the primary (i.e., k x ) or the secondary (i.e., k z ) phase-encoded 
directions. The phase encoding in the other direction (i.e., the one not per- 
formed along the echo train) is accomplished in the conventional manner — one 
phase-encoding step per TR interval. 

A simple approach is to apply the conventional phase-encoding gradi- 
ent between the excitation pulse and the first refocusing pulse. Because each 
refocusing pulse negates the accumulated phase of the spin echo, the phase- 
encoding values will alternate throughout the echo train (i.e., — k z , k z , -k z , 
k z , ...). Thus, an extra step is required to sort the 3D k-space data prior to 
image reconstruction. A more serious problem with this approach is that the 
phase-encoding value of the stimulated echoes does not always coincide with 
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FIGURE 16.43 A 3D RARE sequence to image a slab selected by the 90° excitation 
pulse. The refocusing pulses are not selective, although selective pulses can also be 
used. The primary phase encoding (Phase 1 or k y ) is performed during the echo train. 
The secondary phase encoding (Phase2 or k z ) is performed in the conventional manner 
(i.e., one phase-encoding step per TR), but also has the phase-rewinding gradient 
analogous to the primary phase-encoding gradient axis. For clarify, each gradient lobe 
along the Phase2 direction is shown separately, although some of them can be combined 
in implementation. 



that of the primary spin echoes (see subsection 16.4.2), causing image arti- 
facts. To solve this problem, an alternative phase-encoding waveform is used 
along the k z direction, as shown in Figure 16.43. The waveform contains 
a phase-encoding/phase-rewinding pair for each echo, similar to those used 
along the k y direction, except that the gradient area of the phase-encoding (or 
phase-rewinding) lobes are the same throughout the echo train. This method 
not only confines all k y lines acquired in a shot to the same k z plane, but also 
produces the same phase-encoding value along the k z direction for the spin 
echoes and the stimulated echoes. Another phase-encoding approach allows 
the k z value (i.e., the phase-encoding gradient area along the k z direction) to 
vary throughout the echo train, so that the associated RARE artifacts are more 
evenly distributed along both phase-encoded axes. This method has been called 
generalized k-space sampling scheme (Kholmovski et al. 2000). 

The total acquisition time of 3D RARE (assuming a single-slab acquisi- 
tion) is: 

r SC an,3D = TR x yV shot x yV phase2 x NEX (16.42) 

where N p hase2 is the number of secondary phase-encoding steps. 



Example 16.10 Calculate the total scan time of a 3D RARE sequence with the 
following parameters: TR=2000ms, JV phase = 192, A^ti = 64, yV ph ase2 = 64, 
andNEX = 1. 

Answer The number of shots needed to perform RARE phase encoding can 
be calculated using Eq. (16.39): 

Wshot = Wphase/^etl = 192/64 = 3 

Thus, the total scan time is: 

^scaiOD = 2 x 3 x 64 x 1 = 384 s = 6.4 min 



Single-Shot versus Multishot Depending on the number of the independ- 
ent RF excitation pulses used to sample the required k-space data, RARE can 
be divided into single-shot and multi-shot sequences. Single-shot RARE, more 
commonly known as single-shot FSE (SS-FSE) or single-shot turbo spin echo 
(SS-TSE), has been used mostly for 2D imaging. It acquires the entire 2D 
k-space data needed for image reconstruction using a single echo train (i.e., 
Nphase = Netl. resulting in yV s h t = 1 according to Eq. 16.39). The primary 
applications of single-shot FSE are to freeze respiratory motion for abdominal 
imaging and to improve temporal resolution in dynamic studies. 

In single-shot RARE, it is essential to maximize Af e ti so that better spatial 
resolution can be achieved in the image. As shown in Example 16.9, for a 
fixed echo train duration, the maximal N el \ can be increased by shortening 
ESR Increasing the receiver bandwidth, shortening the refocusing pulse width 
(often at the expense of degraded slice profile or reduced flip angle), and 
increasing the slew rate are the common strategies to minimize ESR Even 
with these changes, N et \ is often inadequate to acquire the desired number of 
phase-encoding steps for full k-space coverage. Asymmetric k-space sampling 
is typically used, and the image can be reconstructed using a partial or half 
k-space reconstruction. An example of this technique is known as half-Fourier 
acquired single-shot turbo spin echo (HASTE), which is described in detail in 
Pateletal. (1997). 

Single-shot RARE can also be incorporated into a 3D acquisition. In this 
case, RARE phase encoding is accomplished in a single shot along one spatial 
direction; conventional phase encoding is performed one step per TR (i.e., 
multishot mode) in the other direction. Sometimes, this sequence is referred 
to as 3D single-shot FSE, although 3D k-space is actually sampled in multiple 
shots. 

Multishot RARE acquires a fraction of the k-space data with each shot. The 
k-space data from multiple shots are combined prior to image reconstruction. 
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FIGURE 16.44 (a) Sequential and (b) interleaved k-space sampling in three-shot 
RARE. Solid line, first shot; dotted line, second shot; dashed line, third shot. 



Because N el i does not have to be stretched to its maximal value, multishot 
RARE offers better image quality (i.e., better SNR, reduced blurring, and 
higher spatial resolution) compared to its single-shot counterpart. 

There are numerous ways to sample k-space in multishot RARE. 
For example, each shot can sequentially sample a segment of k-space 
(Figure 16.44a). Alternatively, the k-space lines can be interleaved with each 
shot (Figure 16.44b). The latter approach is almost always used because the 
^-induced signal amplitude decay and inconsistent phase errors (subsec- 
tion 16.4.4) throughout the echo train modulate k-space data slowly, resulting 
in higher-frequency ghosts with less power. This situation is analogous to 
low-frequency view ordering used in respiratory compensation (Section 12.3). 



16.4.2 Signal Pathways and the 

Carr-Purcell-Meiboom-Gill (CPMG) Condition 

To limit the RF energy deposition into the imaged subjects, RARE is 
often implemented with reduced flip angles (i.e., <180°) for the refocusing 
pulses (Hennig 1988). In that case, the transverse magnetization is partially 
tipped onto the longitudinal axis (either +z or — z axis), partially refocused 
as usual, and partially left intact. Similarly, the longitudinal magnetization is 
partially excited to the transverse plane and partially inverted or left along the 
+z or — z axis. Each of these magnetization components is further divided 
following the subsequent non-180 refocusing pulse. The transverse magneti- 
zation component continues to accumulate phase until it is affected by the 
next RF pulse. The longitudinal magnetization, on the other hand, remains 
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FIGURE 16.45 (a) RF pulse train and (b) its associated phase diagram. The effect of 
imaging gradients is not considered in the phase diagram. Thus, the phase accumula- 
tion may reflect Bo-field inhomogeneity. Whenever the phase of a coherence pathway 
crosses zero, an echo is formed. The gray horizontal lines represent longitudinal mag- 
netization, the dotted vertical lines indicate phase reversal, and the solid diagonal lines 
denote the phase accumulation of the transverse magnetization. 



constant unless a subsequent RF refocusing pulse changes it to the transverse 
plane (assuming the time scale is much less than T\). The spatial dependence 
of the phase of the magnetization when it was previously in the transverse 
plane can be stored as the spatial dependence of the longitudinal magnetiza- 
tion. The phase evolution of the magnetization component is often depicted in 
a phase diagram (Hennig 1988) shown in Figure 16.45. Each line represents 
a particular pathway of a magnetization component. These pathways are often 
referred to as signal pathways, signal coherence pathways, or simply coherence 
pathways. 

Whenever the phase of a coherence pathway crosses zero, an echo is pro- 
duced. If a coherence pathway (solid lines in Figure 16.46b) experiences a 
phase reversal at every refocusing pulse, the echoes it generates are called 
primary spin echoes, or simply spin echoes (solid dots in Figure 16.46b). If a 
coherence pathway (dotted lines in Figure 16.46b) is excited by an imperfect 
refocusing pulse (thereby producing an FID, as denoted by the triangles in 
Figure 16.46b) and phase-reversed by subsequent refocusing pulses, it pro- 
duces secondary spin echoes (the concentric circles in Figure 16.46b). If a 
coherence pathway (dashed lines in Figure 16.46b) is initially in the trans- 
verse plane, then returned to the longitudinal axis by an imperfect refocusing 
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FIGURE 16.46 (a) RF pulse train and (b) phase diagram showing two primary spin 
echoes (solid dots), a secondary spin echo (concentric circles), a stimulated echo (star), 
and three FIDs (triangles) produced by three RF pulses. The signal pathways for the 
primary, secondary, and stimulated echoes are represented by solid lines, dotted lines, 
and dashed lines, respectively. 

pulse, and reexcited by another imperfect refocusing pulse, it gives rise to 
itimulated echoes (the star in Figure 16.46b). Generation of a stimulated echo 
•equires at least three RF pulses, as shown in Figure 16.46. As more refocus- 
ng pulses are incorporated into the RARE sequence, the number of echoes 
ncreases exponentially (see Eq. 10.34). Additional discussion of coherence 
pathways and their associated echoes can be found in Section 10.2. 

In a multiecho pulse sequence, the echoes produced by various coher- 
ence pathways are generally not in phase, and their temporal positions do not 
necessarily coincide. When overlapping echoes are acquired within the same 
acquisition window (e.g., the second primary echo and the stimulated echo 
shown in Figure 16.46b), their phase inconsistency can cause signal cancella- 
tion and lead to ghosting artifacts and poor SNR. A goal in RARE sequence 
design is to ensure that echoes only occur at the desired positions in the pulse 
sequence and the signals at each temporal position have the same phase. The 
CPMG condition is a set of conditions to ensure that the two requirements are 
met. In the context of RARE pulse sequence design, the following two criteria 
are often used. 

Condition 1. The refocusing RF pulses must be 90° out of phase with 
respect to the excitation RF pulse, and evenly positioned in the sequence with 
equal spacing (i.e., 2t) between any two consecutive refocusing pulses. The 
spacing must be twice the time interval (i.e., t) between the excitation RF 
pulse and the first refocusing RF pulse (Figure 16.41). 



Condition 2. The phase accumulated by a spin isochromat between any 
two consecutive refocusing RF pulses must be equal: 

'2 '3 IN 

y / B(t)dt = y J B{t)dt = ■ ■ ■ = y j B{t)dt (16.43) 

where the timing parameters are defined in Figure 16.41, and B(t) includes 
every static magnetic field component (i.e., So field, gradient field, and higher- 
order terms). For example, when the linear gradient is considered, Eq. (16.43) 
reduces to: 

<2 '3 t N 

/ rG(t)dt = j rG(t)dt = ■■■= j rG(t)dt (16.44) 

'I t 2 //v-| 

where G(t) is a gradient along any axis, and r is a generalized spatial variable 
along the direction of G(t). For static spins, Eq. (16.44) further reduces to: 

/ G(t)dt = j G(t)dt = ■•■= j G(t)dt (16.45) 



When conditions 1 and 2 are both satisfied, the primary and the stimulated 
echoes occur only at the mid-point between two consecutive refocusing RF 
pulses (Figure 16.41) and carry the same phase. 

The CPMG conditions have several implications in RARE sequence 
design. First, they require that all of the crusher gradient pairs surrounding 
the refocusing pulses have the same area, as detailed in Section 10.2. A pos- 
sible exception is the left crusher of the first refocusing pulse, when that crusher 
area is combined with the slice-rephasing gradient area. It is worth noting that 
combining the slice-rephasing gradient with the left crusher gradient of the first 
refocusing pulse does not violate the CPMG conditions. If the slice-rephasing 
gradient is combined with the right crusher gradient, however, the CPMG 
condition given by Eq. (16.45) is violated, unless the crusher gradients for all 
other refocusing pulses are also modified in the same fashion. If the crushers 
for subsequent refocusing pulses are not modified, it can be shown that the 
first stimulated echo (the star in Figure 16.46) carries a different phase than 
the primary echo at the same temporal position. Second, each phase-encoding 
gradient must be accompanied by a phase-rewinding gradient after the readout 
window, but prior to the next refocusing pulse. Third, RARE sequences that 
satisfy the CPMG conditions use both primary and stimulated echoes. The 
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secondary spin echoes and the FIDs (triangles in Figure 16.46) following each 
refocusing pulse are eliminated by crusher gradients (see Section 10.2) so that 
they do not interfere with the desired signals. Fourth, if a nonuniform phase 
exists in the magnetization along the slice-selection direction, such as in the 
case of a minimum-phase excitation pulse, the CPMG conditions cannot be 
satisfied across the entire slice profile. When signal loss or image artifact due 
to this deviation becomes a concern, RF excitation pulses with a more uniform 
phase response should be sought. Fifth, moving spins can cause a violation 
of the CPMG conditions, if the gradients are designed based on Eq. (16.45) 
for static spins. This can be easily seen from Eq. (16.44). Finally, any correc- 
tion gradient, such as a concomitant-field correction gradient, must be applied 
consistently throughout the echo train, as described in Section 10.1. 

16.4.3 Contrast Manipulation 

Assuming 1 80° refocusing pulses, the peak amplitude of the echoes decays 
according to 

S(n) = S e- n, ^ T2 (16.46) 

where n is the echo index (n — 1 , 2, . . . , Aeti)- Each echo has its own TE value 
in x / esp ), resulting in k-space data with nonuniform 72 weighting. Because 
the image contrast is predominantly determined by the low-spatial-frequency 
data in k-space (Mulkern et al. 1991 ; Constable et al. 1992), the TE of a RARE 
sequence is defined as the TE when the central k-space line is acquired (i.e., 
the echo acquired with the smallest phase-encoding gradient area). This TE is 
called the effective TE (TE eff ). 

To produce a T\ -weighted or a proton-density- weighted image, earlier 
echoes in the echo train are used to sample the central k-space data so that 
TE e ff takes its minimal value (i.e., TE e ff = / e sp)- Signals from the later 
echoes are used to fill the remaining k-space as shown in Figure 16.47a. For 
^-weighted imaging, a later echo can be assigned to the central region of 
k-space (e.g., TE e ff = 12? eS p)- The rest of the echoes are used to sample the 
remaining k-space. The degree of T2 weighting can be altered by assigning 
different echoes to the central k-space line, as shown in Example 16.11 and 
Figures 16.47b and c. The available effective TEs of a RARE sequence can 
only be integer multiples of / esp . The maximal value of TE e ff is N et \ x r esp . 
For heavily ^-weighted imaging such as in MR cholangiography, a long ETL 
is typically employed to achieve a long TE e ff. Examples of T\ -weighted and 
72-weighted RARE images are shown in Figure 16.48. 

Example 16.11 A RARE sequence has an echo spacing of 8 ms and an ETL 
of 16. (a) What is the effective TE of the sequence for T\ -weighted imaging? 
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FIGURE 16.47 Sampling schemes to obtain (a) T\ -weighted (or proton-density- 
weighted) images, (b) heavily ^-weighted images, and (c) moderately ^-weighted 
images. The vertical axis shows the echo signal intensity for the various echoes 
described by Eq. (16.46). Two shots are assumed for all three cases with each expo- 
nential decay curve representing a shot. For more than two shots, k-space lines from 
successive shots can be interleaved, changing each curve to a stairwise function as in 
Figure 16.49a. 




FIGURE 16.48 By using different echoes to sample the k-space center, considerably 
different image contrast can be obtained from a RARE sequence, (a) T\ -weighted image 
with TE = 1 1 ms, TR = 480 ms, and N eii = 8. (b) Moderately 7/ 2 -weighted image with 
TE = 77ms,TR = 4000 ms, and N eti = 16. (c) Heavily 7 2 -weighted image with TE = 
176 ms, TR = 4000 ms, and /V et i = 16. 



(b) Which echo should be used to sample the k-space center for a ^-weighted 
image with a TE of approximately 1 02 ms? (c) Suppose a heavier ^-weighted 
image with TE= 120 ms is needed; recalculate (b). (d) What is the longest 
TE e ff that the sequence can produce? 



Answer 



(a) The first echo is used to sample k-space center. Therefore, TE e ff equals 
? eS p, which is 8 ms. 
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(b) The thirteenth echo has a TE value of 104 ms, which is the closest to 
the desired TE. Thus, the thirteenth echo should be used to sample the 
k-space center. 

(c) The fifteenth echo should be used. 

(d) The longest TE en - is: 

TE eff = N eti x ? esp = 16 x 8 = 128 ms 

With its associated phase-encoding and phase-rewinding gradient pair, 
each echo in RARE receives an independent phase-encoding value. This 
provides great flexibility in assigning an echo to a particular k-space line for 
both single-shot and multishot RARE. Although achieving the desired contrast 
is the primary objective, minimizing the phase and amplitude discontinuities 
of the k-space signal is also a goal when assigning the echoes to k-space lines. 
In multishot RARE, for example, the total number of shots are first divided into 
a few groups (e.g., two groups as shown in Figure 16.49). Each group covers a 
specific region (or regions) in k-space. Within each group, echoes with the same 
echo index in successive shots are placed next to one another, producing a stair- 
wise amplitude and phase modulation in k-space (Figure 16.49a). This helps to 
reduce artifacts by reducing k-space discontinuities (subsection 16.4.4). The 
assignment of a particular echo to a k-space line can be accomplished using a 
lookup table, which is sometimes called a view table. 

Our discussion so far has assumed ideal refocusing pulses with flip angles 
of 180°. With nonideal refocusing pulses, either as a result of B\ -field nonuni- 
formity, slice-profile imperfection, or reduced flip angles due to RF energy 
deposition considerations (see subsection 16.4.5), the acquired signal is a mix- 
ture of the primary and stimulated echoes. Although the primary spin echo 
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signal can be described by Eq. (16.46), the stimulated echo signal does not 
experience 72 decay while the magnetization is stored along the longitudinal 
axis. Instead, the stored magnetization undergoes T\ relaxation, which intro- 
duces T\ weighting into the signal. Therefore, the combined signal at each echo 
acquisition can no longer be expressed by Eq. (16.46), and some T\ -weighted 
contrast is inevitably contained in the image. This effect, however, is typically 
insignificant. The resultant image contrast arises predominantly from the T2- 
weighting mechanism, even with low flip angles (e.g., 130°) of the refocusing 
pulses. Equation (16.46) is frequently employed to approximately describe the 
signal characteristics of RARE. 

16.4.4 Image Artifacts 

Blurring The 72-induced signal decay given by Eq. (16.46) pro- 
duces a weighting function, W(k y ), along the phase-encoded direction of 
RARE k-space data. This function (Figure 16.47) is sometimes called the 
72-weighting function. For a given tissue, W(k y ) can be expressed as: 

W(k y ) = e~ n{k > )l ^ /T2 (16.47) 

where the echo index n is a function of k-space index k y and can be determined 
from the view table. With a nonuniform ^2 -weighting function, the RARE 
k-space data become: 

S(k x ,k y ) = So(k x ,k y )W(ky) (16.48) 

Equation (16.48) indicates that the image obtained by taking the Fourier trans- 
form of S(k x , k y ) is the convolution of the ideal image (i.e., no T2 blurring) 
and the Fourier transform of W(k y ), which is a Lorentzian-like function 
(Figure 16.49). Therefore, the image is blurred. Image blurring by this mech- 
anism does not occur with conventional spin echo and gradient echo pulse 
sequences because W{k y ) = 1 along the phase-encoded direction, although 
slight blurring can occur in the readout direction due to T2 or T 2 * decay. Blur- 
ring (Figure 16.50a) artifacts are inherent to RARE images. Tissues with a 
shorter T2 produce more blurring than those with a longer T2. Blurring can 
also be aggravated with longer ETL or greater ESR Depending on the specific 
values of these factors, blurring artifacts in single-shot RARE can be quite 
severe (Figure 16.50b). 

If the 72 value of each voxel is known, blurring can be reduced or even 
removed by deconvolution in the image domain. Such a method, however, 
requires a T2, map, which can be rather time consuming to obtain. A less 
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FIGURE 16.50 Single-shot RARE images acquired from (a) a phantom and (b) the 
abdomen of a patient. The blurring artifact is evident along the phase-encoded (vertical) 
direction. 



accurate but simpler method is to use an average Ti value along the phase- 
encoded direction to perform T2 correction in the hybrid space (i.e., space 
defined by (x, k y )) following a ID Fourier transform along the readout dir- 
ection; Zhou et al. 1993). This method requires a reference scan that can be 
acquired in a single TR. With a known average T2 value (or values), decon- 
volution can be performed by dividing k-space data by W(k y ) to remove the 
^-induced signal modulation (Zhou et al. 1993). This method works well 
when the estimated T2 value is close to the actual value. Otherwise, the longer 
T2 components are overcorrected, resulting in considerable edge enhancement, 
and the shorter T2 components can suffer from substantial noise augmentation. 
To reduce the edge enhancement and noise amplification, a Wiener deconvo- 
lution filter can be used (Busse et al. 2000). This method gives good results 
over a broader range of T2 values, although the deblurring correction for 
the T2 component that matches the estimated T2 value is not as effective as 
the approach with a simple exponential filter. Another method to reduce the 
72-induced image blurring requires at least two signal averages (NEX=2). The 
^-weighting function is reversed between the two averages, as demonstrated 
in Figure 16.51 for the case of NEX=2, so that the combined k-space signal 
has a flatter ^-weighting function. 

Edge Enhancement ^-weighted RARE images use early echoes in the 
echo train to sample the edge of k-space, as shown in Figure 16.47b. The 
^-weighting function effectively imposes a high-pass filter on the k-space 
data along the phase-encoded direction, resulting in edge enhancement in the 




FIGURE 16.51 The 72-weighting function can be modified between two signal 
averages. The signals are summed to compensate for the 72-induced signal variations. 



image. The problem can be partially alleviated with a monotonic ^-weighting 
function that enhances the signal at one end of k-space while suppressing the 
signal at the other end. In addition, the methods that reduce blurring can also 
be adapted to reduce edge enhancement. 



Ghosting Ghosting along the phase-encoded direction is another com- 
mon artifact in RARE images. Although both phase and amplitude modulations 
of the k-space data can produce ghosting artifacts, phase-induced artifacts are 
more common. 

The k-space data almost always contain phase errors. If the phase error 
is consistent across k-space such as in the case of conventional RF spin echo 
imaging, it does not produce ghosting in the magnitude image. If the phase 
error varies along the phase-encoded direction as in the case of RARE, ghosts 
are generated. A high-frequency phase variation in k-space leads to ghosts 
with low frequencies in the image domain, and vice versa. To understand how 
a phase error can propagate throughout an echo train, consider a phase term 
4> that is accumulated during the first ESR For the primary echo coherence 
pathway, each subsequent refocusing pulse changes the sign of this phase, 
resulting in an alternating phase pattern of {</>, —$, <p, —<f>, . . .). With the aid of 
Figures 16.45 and 16.46, a different phase modulation pattern for stimulated 
echoes can be obtained analogously. The phase modulation on the echo train is 
converted by a view table to a phase modulation in k-space. As the echo train 
proceeds, new phase errors can accumulate and propagate further through the 
echo train. Thus, the actual phase modulation can be quite complicated. 

The phase error cp can be fitted to a spatial polynomial: 



= 00 + 01' 



\-fcr 



(16.49) 
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where r is a generic spatial variable. <j>o is a spatially independent phase 
that can contain contributions from eddy currents and phase errors associated 
with RF pulses. Although resonance offsets such as magnetic susceptibil- 
ity variations and Bo-field inhomogeneity also produce phase errors, they do 
not contribute to <po because their phase errors are canceled at the peak of 
each echo. The cancelation occurs for both primary and stimulated echoes, 
provided that the CPMG conditions are met. The major contribution to the 
spatially linear phase is gradient waveform distortion caused by, for example, 
linear eddy currents, group delay, and gradient amplifier imperfection. 
Examples of the spatially quadratic phase term for 2 include the concomitant- 
field phase described in Section 10.1, and spatially quadratic eddy currents 
(Section 10.3). 

Even on a well-calibrated scanner, the phase error in Eq. (16.49) can still 
be large enough to cause nonnegligible ghosting artifacts in RARE images. 
To reduce the artifacts in RARE, phase correction is often required. To com- 
pensate for 4>q and 4>\r, a reference scan can be acquired using the same 
RARE sequence, but with all phase-encoding gradient amplitudes set to zero 
(Hinks et al. 1995). Each echo in the reference scan is then inverse-Fourier- 
transformed to obtain a set of projections along the readout direction. If no 
inconsistent phase errors were present, all projections should have the same 
phase. By comparing the phases of the projections, the inconsistent phase 
errors </>o and 4>\r (where r is the spatial variable along the readout direction) 
can be obtained. Average phase errors for odd (<&o.odd> ^l.odd) and even echoes 
(^o.even* $ i. even) are computed, respectively. To correct for the zeroth-order 
phase, the phase of the refocusing pulses is offset by (4>o.even ~~ *o,odd)/2- 
To compensate for the first-order phase, the area of the prephasing readout 
gradient is adjusted by an amount: 

A/4 = (<Di.odd-*I.even)/(2>') (16.50) 

This modified (or phase-compensated) RARE sequence is subsequently used 
in actual k-space data acquisition. An example of quadratic phase correction 
for concomitant phase errors can be found in Section 10.1. 

After phase-induced ghosts have been substantially reduced, ghosts arising 
from the k-space amplitude modulation due to the discontinuous nature of 
the ^-weighting function can become more conspicuous. A technique for 
reducing this kind of ghosting is to use the amplitude of reference-scan data 
to normalize the 72-weighting function (Zhou et al. 1993). A drawback to this 
method is that the noise can be amplified. Stabilizing the echo train amplitude 
by adjusting the flip angles of the refocusing pulses also helps reduce the 
ghosting (as well as blurring) artifacts (Hinks and Listerud 1991). 



16.4.5 Practical Considerations 

Specific Absorption Rate The SAR is defined as the total RF energy E 
dissipated in a sample over exposure time ? e xp per unit mass M in kilograms: 



?expM 

SAR in RARE can be particularly high because multiple RF pulses are played 
out over a very short time. To operate the sequence within the regulatory 
limits, the number of slice locations per acquisition is often compromised. 
With the recent developments in very-high-field (Bo > 3T) imaging, SAR 
management becomes a particularly important issue. To maximally use the 
time efficiency afforded by RARE without exceeding the regulatory limits 
on SAR, many techniques have been developed. For example, low-flip- 
angle (i.e., <180°) refocusing pulses can be employed (Alsop 1997; Hennig 
1988; Hennig and Scheffler 2000, 2001). Because SAR is proportional to 
(B\) 2 , reducing the flip angle is an effective way to achieve a lower SAR. 
One approach is to use hyperechoes; this employs a 180° refocusing pulse 
in the center of the refocusing pulse train to antisymmetrically mirror the 
flip angles and phases of other refocusing pulses (Hennig and Scheffler 
2001): 

(01, ?l)— T— (0 2 , <f 2 ) (0,u <p„)—T—(l&0°, 0°)— T 

—(-9„, -<p„) ("02, -<P2)—T—(-0l,-<Pl) 

where 0/ and <pj are the flip angles and the phase of the refocusing pulses, 
respectively. The low flip angles, for example, can range from 60 to 130°. The 
echo produced at the end of this pulse train is equivalent to a primary spin 
echo generated simply by the 90° and the central 1 80° refocusing pulse, and it 
is dubbed a hyperecho. The hyperecho is typically used to sample the central 
k-space line, whereas other echoes are employed to sample other k-space lines. 
Using this method, SAR can be considerably reduced without compromising 
the SNR (Hennig and Scheffler 2001). Another method to decrease SAR is 
to use variable-rate RF pulses (Section 2.4), in which the amplitude of the 
refocusing pulses is reduced, leading to lower SAR (Conolly et al. 1988). 



Bright Lipid Signals Lipid signals appear brighter in RARE than in con- 
ventional RF spin echo sequences, especially in ^-weighted images in which 
later echoes are used to sample the k-space center (Melki et al. 1991). This 
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phenomenon can be explained by considering resonance frequencies of vari- 
ous proton groups in lipids and spin-spin coupling (also known as J-coupling) 
among the groups (Henkelman et al. 1992; Williamson et al. 1996). 

J-coupling is an NMR phenomenon in which protons in adjacent groups of 
the same molecule interact with one another and split the resonance frequency 
into doublet, triplet, quadruplet, and so forth (Slichter 1989). Consider a seg- 
ment of lipid molecule CH3-CH2-. The two groups of protons in methyl and 
methylene have slightly different resonance frequencies due to their different 
chemical shifts (~25 Hz at 1.5 T). J-coupling between the methyl and methyl- 
ene groups splits each resonance peak into multiplets separated by /j ~ 7 Hz. 
With J-coupling, the transverse magnetization decays according to: 

S = S e~' /T2 cos(«7r/jr eS p) (16.52) 

where n is the echo index. When multiple J-coupled groups are considered, 
as in the case of lipid molecules, beating of the cosine modulation functions 
results in a faster decay of the signal or a shortening of the apparent T2. This 
effect of J-coupling, however, becomes negligible if the following condition 
is met: 



V/c 2 s + /j 2 



where / cs is the chemical shift difference of the coupled groups. If we take 
typical values of / cs = ~25 Hz and /j = 7 Hz, the critical time t c is found 
to be approximately 20 ms. Because r esp is less than t c for most RARE 
sequences, additional signal decay induced by J-coupling is typically negli- 
gible. In 72-weighted spin echo sequences, however, TE is much longer than t c . 
Hence, J-coupling attenuates the lipid signals. This explains why lipids appear 
brighter in RARE images. Equations (16.52) and (16.53) also indicate that as 
r esp is reduced, an enhanced bright lipid signal can be observed. If a shorter 
TE is used in spin echo sequences (e.g., for T\ or proton-density-weighted 
images), the difference in lipid signal intensity between RARE and SE images 
diminishes. Unlike protons in lipids, water protons do not have J-coupling. 
Consequently, a water signal has similar intensity in RARE and SE images 
when the acquisition parameters are comparable. 

Brighter lipid signals in ^-weighted RARE images can obscure detection 
of lesions, such as metastases in the vertebral body. A remedy to this problem 
is to suppress lipid signals using a chemically selective pulse (Section 4.3) 
or short tau inversion recovery (Section 14.2). A drawback is reduced SNR 
because water signals can also be saturated or attenuated in these techniques. 



Another technique to address the problem with bright lipid signal is to use dual- 
interval echo train (DIET), in which the first ESP is an odd-number multiple of 
the ESP for the rest of the echoes (Kanazawa et al. 1994; Stables et al. 1999). 



Magnetization Transfer Effect In 2D multislice interleaved RARE, the 
RF pulse train delivered to a given slice can serve as off-resonance magnet- 
ization transfer (MT) pulses for other slices, leading to MT-induced signal 
loss and altered image contrast (Melki and Mulkern 1992). Compared to spin 
echo sequences, the MT effect in RARE is particularly severe because of mul- 
tiple refocusing pulses. As ETL is lengthened, the MT effect progressively 
increases. A practical solution to this problem is to reduce the number of slices 
acquired during each TR interval. Additional discussion of MT can be found 
in Section 4.2. 



16.4.6 Variations of RARE Sequences 

Dual-Echo RARE Similar to the dual-echo RF spin echo pulse sequence 
discussed in Section 14.3, RARE can also be implemented in dual-echo mode. 
This is also known as shared-view acquisition using repeated echoes (SHARE) 
(Johnson et al. 1994) or a double contrast sequence. When two images with 
different TE e ff are desired, the echo train can be divided into two groups. The 
group with earlier echoes is used to sample k-space with a shorter TE e ff , and 
the group with later echoes is used to acquire an image with longer TE e ff. To 
increase the time efficiency, the two groups can partially overlap and the over- 
lapped echoes are used in the high-spatial-frequency regions for both k-space 
data sets. Another strategy is to use two separate shots, one for the short TE e ff 
acquisition, and the other for the long TE e ff acquisition. 



RARE with Other Pulse Modules A number of preparatory pulses and 
modules can be appended to the basic RARE pulse sequences described in 
subsection 16.4.1. For example, an inversion pulse can be placed before a 
RARE sequence to form a fast inversion recovery sequence. Two applications 
are FLAIR and STIR, discussed in Section 14.2. Another example is to include 
spatially and/or chemically selective saturation pulses in a RARE sequence. 
Chemically selective saturation pulses are particularly useful to offset the bright 
fat effects in 7yweighted images. In addition, velocity-compensation gradients 
(Section 10.4) are sometimes also used in RARE sequence to suppress flow- 
related artifacts, such as the CSF flow (Hinks and Constable 1994). In flow- 
compensated RARE, gradient moments of the primary spin echoes and the 
stimulated echoes must be both considered. The first level of compensation is 
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accomplished by nulling the gradient moments at the isodelay point of each 
refocusing RF pulse. Additional compensation can be achieved by nulling 
gradient moments at both the RF pulse and at the echo (Hinks and Constable 
1994). Moment nulling on both the slice and readout axes simultaneously is 
not possible because crushers are needed on at least one of those two axes. 
Finally, driven equilibrium pulses (Section 17.4) can also be used at the end of 
RARE echo trains to improve the efficiency and increase the SNR in RARE 
images. 

Non-CPMG RARE Although a vast majority of RARE sequences are 
designed to satisfy the CPMG conditions, non-CPMG RARE sequences have 
also been developed. When the FOV is small and SAR is not a limiting factor 
(e.g., in the case of microscopic imaging), uniform 180° refocusing pulses can 
be delivered across the imaged object. Thus, the signal predominantly consists 
of primary spin echoes. Under these conditions, RARE sequences that do not 
satisfy the CPMG conditions have been found to work well, especially with 
the aid of crusher gradients to further filter out the stimulated echoes (Zhou 
et al. 1993). Another non-CPMG pulse sequence has also been developed that 
employs refocusing pulses with quadratic phase (Le Roux 2002). 

RARE with Variable Encoding Time In the majority of pulse sequences, 
including RARE, the duration of the phase-encoding (and -rewinding) gradient 
lobes is held fixed from view to view, whereas their amplitudes vary. Alterna- 
tively, pulse sequences can be designed using constant phase-encoding gradient 
amplitude throughout the echo train and a variable gradient duration, provided 
that the phase-encoding gradient area is conserved. In a technique called vari- 
able encoding time (VET; Feinberg 1997), the durations of both the readout 
window (i.e., A/D window) and the phase-encoding (and phase-rewinding) 
gradient vary throughout the echo train. The total duration of the phase- 
encoding gradient, readout window, and phase-rewinding gradient, however, is 
held constant and is equal to the duration of a readout gradient (Figure 16.52). 
ESP is therefore the same for all echoes, satisfying one of the CPMG condi- 
tions. When the same receiver bandwidth is used for each echo, k-space lines 
with smaller [A^l values span a wider range along the k x direction, resulting 
in nonrectangular k-space coverage, such as diamond (Figure 16.52), circular, 
or hexagonal raster. When \k y | is small, the time saved by reducing the phase- 
encoding and phase-rewinding gradient durations is used to increase the extent 
of k-space coverage along the k x direction. Similarly, the extent along the k y 
direction can also be increased by reducing the readout duration for large 1^ ] 
values. Thus, the spatial resolution along the readout and phase-encoded dir- 
ections can be increased with VET, compared to that of a nominal RARE pulse 
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FIGURE 16.52 A RARE sequence with variable encoding time. The dotted vertical 
lines show the temporal relationship between the readout gradient, the phase-encoding 
gradient, the phase-rewinding gradient, and data acquisition window. All phase- 
encoding and phase-rewinding gradient lobes have the same amplitude. The length 
of the data acquisition window varies as a function of the phase-encoding gradient 
duration (i.e., k y value), resulting in a variable length of k x lines. When k y = 0, the 
k x line is the longest. As \k y \ increases, the length of k x lines decreases. 



sequence (Feinberg 1997). Alternatively, when the diamond k-space coverage 
in Figure 16.52 is compared to a rectangular k-space coverage with the same 
extent along the k x and k y directions, the acquisition time is reduced because 
k-space data in the corners are not sampled. 
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17.1 Arterial Spin Tagging 

Tissue function depends heavily on perfusion, a process that brings 
nutritive blood supply to the tissue through the arterial system and drains 
the metabolic by-products into the veins. Abnormalities or disruption in this 
process can have profound effects. For instance, the cessation of blood flow 
to the brain tissue results in unconsciousness in only 5-10 s and can lead to 
permanent brain damage if the condition persists. 

Perfusion measurement using MRI has been an active area for more 
than a decade. In general, perfusion MR techniques can be divided into two 
categories: those employing exogenous agents as a tracer and those using 
water protons in arterial blood as an endogenous label. Among many exogen- 
ous tracers that have been used in perfusion MR, gadolinium chelates (e.g., 
Gd-DTPA) are most prevalent. In a perfusion imaging technique known as 
dynamic susceptibility contrast (DSC) or bolus tracking (Rosen et al. 1990; 
Villringer et al. 1988), a bolus of gadolinium chelate (or other contrast agent) is 
intravenously injected, immediately followed by the acquisition of a series of 
snapshot images at a given slice location. The pixel image intensity is plotted 
as a function of time, which reveals the dynamic changes as the agent passes 
through the tissue. This curve is then fitted to a model from which quantitative 



17.1 Arterial Spin Tagging 803 

or semiquantitative perfusion parameters can be extracted (Ostergaard et al. 
1996). In a technique that relies on an endogenous tracer, the magnetization 
of water molecules in arterial blood is labeled so that it causes an NMR signal 
change as the arterial blood perfuses into the tissue (Detre et al. 1992). This 
method is called arterial spin labeling (ASL) or arterial spin tagging (AST). 

AST labels the magnetization by saturation (Detre et al. 1992) or, more 
commonly, by inversion (Williams et al. 1992; Edelman et al. 1994). The 
technique is generally divided into pulsed AST and continuous AST. In pulsed 
AST, a bolus of arterial blood is labeled and passes through the tissue as a 
transient. In continuous AST, the labeled arterial blood establishes a steady 
state in the tissue of interest, which typically requires a much longer tagging 
time. Continuous AST has higher SNR than pulsed AST and can provide 
quantitative perfusion information using a simpler model. Pulsed AST, on the 
other hand, features a higher labeling efficiency and less RF power deposition. 
The general principles that are common to both techniques are described in 
subsection 17.1.2; issues specific to these two AST methods are discussed in 
more detail in subsections 17.1.3 and 17.1.4. 

Although AST can be performed in 2D or 3D, 3D AST has not been com- 
monly used, primarily due to its long data acquisition time. Hence, we limit our 
discussion to 2D single-slice and multislice acquisitions. Unlike most other 
pulse sequences, the extension from 2D single-slice to 2D multiple slices in 
AST is not straightforward due to several theoretical and practical considera- 
tions, such as the MT effect, accuracy in perfusion quantification, SAR, and 
imaging time. To simplify the discussion, we focus on 2D single-slice AST 
first and delay the discussion of 2D multislice AST until subsection 17.1.5. 

Perfusion is a complicated phenomenon that can be characterized by 
numerous parameters. Although these parameters provide multiple avenues 
to studying tissue perfusion, they can often become a source of confusion, 
partially due to the inconsistent definitions and interchangeable use of various 
parameters in the literature. We start by briefly providing the definitions that 
we adopt for several perfusion parameters used in this section. 

17.1.1 Key Perfusion Parameters 

Perfusion, Perfusion Rate, and Blood Flow A comm 
perfusion is given by: 



where F is the blood flow rate in milliliters of blood per minute (mL/min) and 
W is the tissue mass in 1 00 g. Thus, the nominal unit for perfusion is milliliters 
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per minute per 100 grams [mL/(min • 100 g)]. This definition is inherited from 
perfusion measurements that use radioactive tracers. Because tissue mass is 
not directly measured in MRI, an alternative definition of perfusion, sometimes 
called perfusion rate / in the MR literature, is given by: 

f = pP (1V.2) 

where p is the tissue density in lOOg/mL. Although / is measured in per- 
minute (min -1 ), it is more precisely expressed as milliliters per milliliter per 
minute [mL/(mL • min)] to distinguish the blood volume in the numerator from 
the tissue volume in the denominator. In the literature, both perfusion P and 
perfusion rate / have been loosely called perfusion or blood flow, although the 
blood flow rate is given by F in Eq. (17.1). In the context of brain perfusion, 
both P and / have been referred to as cerebral blood flow (CBF) or regional 
cerebral blood flow (r-CBF). Sometimes, CBF or r-CBF is expressed as a 
percentage of perfusion with respect to a reference tissue (such as the tissue 
exhibiting the largest CBF) and is referred to as relative CBF (sometimes also 
denoted by r-CBF in the literature). In healthy brain tissue, the perfusion of 
gray matter is ~ 2.6 times of that of white matter. The gray and white matter 
averaged perfusion is approximately 50-60 mL/(min ■ 100 g) for healthy adults. 
(Healthy female adults have a higher CBF than healthy male adults). Assuming 
a brain mass of 1 .5 kg, the blood flow, according to Eq. ( 1 7. 1 ), amounts to 750- 
900 mL/min for the entire brain. Note that the total blood flow to the brain can 
be measured noninvasively with phase contrast techniques (Section 15.2) as 
described in Marks et al. (1992). 

Blood Volume Blood volume V is defined as the subvolume occupied 
by blood within a volume of interest or in lOOg of tissue. With the former 
definition, the volume of interest is often chosen as the volume of a voxel Vb- 
Because the blood volume is typically measured using a tracer, V can be 
replaced by the volume of distribution of the tracer (e.g., an intravascular agent) 
within the tissue. The blood volume is sometimes expressed as a dimensionless 
volume fraction q: 

q = V/V (17.3) 

In the context of brain perfusion, blood volume is often referred to as cerebral 
blood volume (CBV), or regional cerebral blood volume (r-CBV) if CBV is 
evaluated within a region of interest. 

Mean Transit Time Another important parameter to describe tissue 
perfusion is the mean transit time (MTT), which is the average time required 
for a tracer to pass through the tissue (Weisskoff et al. 1993). For agents that 
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remain in the blood pool, the MTT is typically a few seconds. For freely dif- 
fusible tracers (e.g., D2O or H2 17 0), the MTT is much longer. In perfusion 
measurement using a contrast agent, the MTT (denoted by T mn ) is related to 
the blood flow rate and the blood volume by: 

F=-L = i^ (17 . 4) 

r mtt r mtt 

Equation (17.4) is based on mass conservation and is known as the central 
volume theorem. MTT is used more frequently in perfusion measurement 
using exogenous tracers than endogenous AST. 

Tissue-Blood Partition Coefficient When a tracer passes through tissue 
from the arterial blood supply, its concentration distributes between the blood 
pool and the tissue. If a constant concentration Q, is maintained in the arterial 
blood supply and the equilibrium concentration in the tissue is C t , then the 
ratio of the two concentrations is called tissue-blood partition coefficient, X: 

X^~ (17.5) 

Lb 

For tracers that remain in the blood pool, C t (including microvasculature) and 
Cb are given by m/Vo and m/V, respectively, where m is the mass of the 
tracer in moles. In this case, X reduces to q, as can be seen in Eqs. (17.3) 
and (17.5). For freely diffusible tracers, such as labeled arterial water, the 
tracer diffuses into the tissue, and as a result X is close to 1 . For instance, the 
partition coefficient of water in brain tissue is ~ 0.9 (Herscovitch and Raichle 
1985). 



17.1.2 Basic Principles of Arterial Spin Tagging 

Arterial spin tagging uses the magnetization of water protons in the arterial 
blood stream as an endogenous, freely diffusible tracer for perfusion measure- 
ments (Figure 17.1). Any perturbation to the magnetization of the arterial 
blood that feeds the tissue can serve as a magnetic tracer. The perturbation 
is typically introduced by an RF inversion pulse (Section 14.2) at a location 
proximal (i.e., upstream) to the tissue of interest (Figure 17.1a), although an 
RF saturation pulse (Section 14.2) can also be used. After a time delay that 
allows the magnetically labeled arterial blood to reach the tissue capillary bed, 
the labeled water molecules exchange with the water molecules in the tissue, 
causing a change in the NMR signal. (Note that the exchange process involves 
both physical molecular exchange and magnetization exchange.) At this point, 
a pulse sequence is played to acquire an image or partial image data at a location 
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FIGURE 17.1 A schematic diagram showing (a) the principles of AST and (b) an 
associated conceptual pulse sequence. Water in arterial blood flows from an artery to the 
capillary bed, exchanges with tissue water, and drains to the vein. In (a) magnetization 
of the arterial blood is labeled at a location (dashed box) proximal to the imaging 
plane (box with solid lines). The two images in (b), acquired using the conceptual 
pulse sequence with and without AST, are subtracted. The arrows in (a) indicate the 
direction of blood flow. 



distal (i.e., downstream) to the tagging position. The spatially resolved signal 
change is measured by subtracting the two images, acquired with and without 
labeling, as shown in a conceptual pulse sequence in Figure 17.1b. In the con- 
text of this section, we refer to these two images as the tagged image M t and 
the control image M c , and we refer to the pulse sequences that produce them as 
tagging and control pulse sequences, respectively. The signal-intensity change 
between M c and M x is fitted to a model, from which a quantitative perfusion 
map of / or P is obtained. The difference image | M c — M t | can also be viewed 
directly as a qualitative perfusion-weighted image. 

AST is essentially an inversion recovery pulse sequence with an inversion 
(or saturation) module and a host sequence (both defined in Section 14.2) that 
are applied at different locations. AST pulse sequences also resemble black 
blood angiographic techniques that employ inversion pulses (Section 15.3), 
except that the focus is on signal changes in the tissue instead of the arteries. 

Perfusion quantification relies on the signal change between control and 
tagged images. Typically, this signal change is only 1-2%. Thus, other factors 
that can cause signal variation must be avoided or compensated for. A common 
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source of error is the MT effect discussed in Section 4.2. In the presence of 
a gradient, the RF pulse delivered to the tagging position can serve as an 
off -resonance irradiation with respect to the imaging location. The MT effect 
can cause signal loss substantially larger than the perfusion-induced signal 
change. Hence, it is important to adequately equalize the MT effect between 
the tagged and the control images. The very small signal change in AST also 
makes perfusion quantification very sensitive to random noise, necessitating 
signal averaging to increase the SNR. Because of the need for signal averaging, 
imaging pulse sequences (e.g., EPI and spiral) that offer fast acquisition are 
highly desirable in AST, especially for studies involving human subjects. 

17. 1 .3 Pulsed Arterial Spin Tagging 

In pulsed AST or pulsed arterial spin labeling (PASL), an RF inversion 
pulse is applied to produce a bolus of labeled magnetization at a tagging loca- 
tion. The bolus travels from the artery to the capillary bed and exchanges the 
labeled magnetization with the unlabeled magnetization of the tissue water. 
The labeled magnetization in the tissue experiences T\ relaxation and even- 
tually becomes indistinguishable from the unlabeled magnetization. Because 
the bolus is transient, so is the AST signal, \M C — M t \. 

Pulsed AST is a family of pulse sequences, all sharing the same basic 
principles, but differing from one another in the strategies by which the tagged 
and control images are acquired. In this subsection, we describe two categor- 
ies of pulsed AST techniques, followed by a discussion on how quantitative 
perfusion information can be extracted from the pulsed AST images. 

EPISTAR 

EPISTAR stands for echo-planar imaging and signal targeting with altern- 
ating radiofrequency (Edelman et al. 1994). An EPISTAR pulse sequence 
is shown in Figure 17.2. The pulse sequence alternates between acquiring a 
tagged image (Figure 17.2a) and a control image (Figure 17.2b). 

The tagging pulse sequence begins with a 90° slice-selective saturation 
pulse applied at the location (narrow gray band in Figure 17.2c) where the 
perfusion measurement is sought. This pulse saturates the spins in the slice 
location of interest (i.e., the imaging slice), providing some immunity to any 
perturbation that can be caused by the subsequent tagging pulse, such as side 
lobes in its spatial profile. Following the saturation pulse, a spoiler gradient is 
typically used to dephase the magnetization. (Note that the spoiling gradient 
lobe is bridged with the slice-selection gradient lobe in Figure 17.2.) After the 
saturation pulse and its associated spoiler, a spatially selective inversion pulse 
(i.e., a tagging pulse) inverts spins within a thick slab (e.g., 9 cm, shown as a 
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FIGURE 17.2 An EPISTAR pulse sequence. The tagging pulse sequence in (a) 
produces a tagged image in (c), and the control pulse sequence in (b) generates a 
control image in (d). The 90° pulses at the beginning of the sequences are spatial sat- 
uration pulses applied at the imaging slice location (uniform gray areas in (c) and (d)). 
The spoiler gradient can be played along any axis. The 180° pulses in (a) and (b) invert 
the spins in the boxed area in (c) (filled with vertical lines; labeled tag) and in (d) (i.e., 
filled with vertical dashed lines; labeled control), respectively. The two filled areas 
are symmetrically placed with respect to the imaging slice. The EPI pulse sequence is 
enclosed in the dashed box. SE and GRE denote spin echo and gradient echo, respect- 
ively. The RF pulses (without any filling pattern) are applied to the imaging plane. For 
simplicity, the readout and phase-encoding gradients are not shown. 

shaded area with vertical lines in Figure 17.2c) proximal to the imaging slice. 
A hyperbolic secant adiabatic inversion pulse (Section 6.2) is most frequently 
used, although other adiabatic inversion pulses (Yongbi et al. 1998) or non- 
adiabatic inversion pulses can also be employed. To reduce the effect of the 
nonideal profile of the tagging pulse on the imaging slice, a gap (e.g., ~ 1 cm) 
is typically prescribed between the inverted slab and the imaging slice. At the 
end of the tagging pulse, a long delay time (e.g., 1 s) is introduced to allow the 
inverted arterial spins to travel from the tagged slab to the imaging plane and 
to perfuse into the tissue. Because the tagged arterial blood carries inverted 
magnetization, it causes a signal reduction (discussed later). The reduced mag- 
netization is imaged using a GRE-EPI or SE-EPI pulse sequence, as denoted 
by the dashed box in Figure 17.2a. 

The control image without arterial tagging can be acquired by simply 
repeating the sequence without the tagging pulse (Edelman et al. 1994). 
However, the tagging pulse is an off-resonance irradiation with respect to the 
imaging slice, resulting in MT effect in the tagged image that masks the subtle 
signal change due to perfusion. To balance the MT effect, an inversion pulse 
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identical to that in the tagging sequence is also played prior to the acquisition 
of the control image, except that its carrier frequency is chosen to place the 
tagging slab (the shaded area filled with vertical dashed lines in Figure 17.2d) 
distal to the imaging plane by an equal distance (Figure 17. 2d). If the imaging 
slice has a frequency offset of /o, then the carrier frequency for the tagging and 
control inversion pulses should be f - / ep istar and f + /epistar, respectively, 
where / ep istar is given by: 

/epistar = — GAr (17.6) 

In Eq. (17.6), G is the tagging gradient and Ar is the center-to-center distance 
between the imaging slice and the tagging slab. As long as the MT effect is 
symmetric with respective to positive and negative off-resonance irradiation 
(i.e., ±/epistar)> lt cancels after image subtraction. We define the subtracted 
signal for EPISTAR as: 

AM epistar = M C -M t (17.7) 

where AM ep i Star is a positive quantity because M t carries the inverted 
magnetization. 

The long inversion time (e.g., TI % 1 s) and the need to minimize saturation 
of the arterial blood in successive excitations both require a long TR (e.g., 2 s 
or longer). The long TR, in conjunction with a large number of signal averages 
(e.g., 60), necessitates a fast imaging sequence to make pulsed AST practical. 
For this reason, single-shot EPI is used in EPISTAR. The single-shot RARE 
version of EPISTAR, known as STAR-HASTE, has also been developed (Chen 
et al. 1997). Single-shot acquisition not only reduces the total scan time, but 
also minimizes image misregistration due to patient bulk motion or system 
instability, provided that the acquisitions of the tagged image and the control 
image are interleaved. 

Proximal inversion with a control for off-resonance effects (PICORE) 
(Wong et al. 1997) is a variation of EPISTAR. The tagging sequence is 
the same as that in EPISTAR, but an off-resonance inversion pulse in the 
control sequence is played without an accompanying slab-selection gradient 
(Figure 17.3). The carrier frequency of the inversion pulse is the same between 
the control and the tagging pulse sequences, so the MT effect can be subtrac- 
ted out. The magnetization of the imaging slice is virtually unperturbed due to 
the large resonance offset (e.g., 5 kHz). The signal difference can be defined 
similarly to Eq. (17.7) 

AM picore = M C -M ( (17.8) 

Compared to EPISTAR, the subtraction image AM p j core rejects the inflow 
from the distal side of the imaging slice, whereas the inflow causes a reduction 
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FIGURE 17.3 A PICORE pulse sequence. The tagging sequence (a) is identical to 
that in Figure 17.2a and produces the tagged image in (c). The control sequence (b) 
differs from that in (a) only in that the slice-selection gradient during the inversion 
pulse is not played. The resulting control image (d) does not experience any inversion 
because the carrier frequency of the inversion pulse is off-resonance. 

in AMepistar- Another advantage is that asymmetry in MT effects is com- 
pensated in PICORE, but not in EPISTAR. A disadvantage of PICORE is, 
however, that it is less robust against eddy-current effects than EPISTAR 
because the control sequence uses a different gradient waveform from the 
tagging sequence. 

Another variation of EPISTAR is known as transfer-insensitive labeling 
technique (TILT), in which the inversion pulse in EPISTAR is replaced by two 
consecutive 90° spatially selective pulses (Golay et al. 1999). To obtain the 
tagged image, the two 90° pulses have the same phase, effectively producing 
a 1 80° magnetization inversion at the tagging location. To acquire the control, 
the phase of the second 90° pulse is changed by 180° with respect to the phase 
of the first 90° pulse (i.e., the two pulses perform a 90° rotation and then a -90° 
rotation, respectively). Thus, the magnetization experiences no net nutation. 
Because the pulses for both tagged and control images are applied in the same 
proximal location, the MT effect is canceled in image subtraction, even in the 
presence of asymmetry in MT (subsection 17.1.6). Compared to EPISTAR (as 
well as FAIR, discussed next), TILT is also more robust against venous inflow. 

FAIR 



Flow-sensitive alternating inversion recovery (FAIR) (Kwong et al. 1995; 
Kim 1995) employs a frequency-selective inversion pulse with and without an 
accompanying slice-selection gradient to produce the tagged and the control 
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FIGURE 17.4 A FAIR pulse sequence. The tagging pulse sequence in (a) produces a 
tagged image in (c), and the control pulse sequence in (b) generates a control image in 
(d). The spatially selective 180° inversion pulse in (a) is applied to the imaging slice 
(uniform gray area in (c)). In the control sequence (b), the same inversion pulse is played 
without the slice-selection gradient, inverting the spins within the entire sensitive region 
of the RF coil (the gray area in (d)). The EPI pulse sequence is enclosed in the dashed 
box. SE and GRE denote spin echo and gradient echo, respectively. For simplicity, the 
readout and phase-encoding gradients are not shown. 



images, respectively (Figure 17.4). Similar to EPISTAR, the inversion pulse 
is typically adiabatic with a bandwidth of approximately 1-5 kHz. Unlike 
EPISTAR, however, the inversion pulses for the control and tagged images 
have the same carrier frequency. 

When the pulse is played with the slice-selection gradient (Figure 17.4a), 
it inverts the spins within the imaging slice while leaving spins elsewhere 
virtually unaffected. (In practice, the spatial profile of the inversion pulse is 
often made wider than the thickness of the imaging slice to minimize the impact 
of the side lobes and transition regions and to ensure a uniform inversion of 
the imaging slice.) After the pulse, an optional spoiler gradient can be applied, 
followed by a delay time, just as in EPISTAR. Finally, a single-shot EPI pulse 
sequence is played to produce the tagged image. 

To acquire the control image, the slice-selection gradient can be either 
played with zero amplitude (Figure 17.4b) or played at a different time away 
from the slice-selection gradient (not shown in Figure 17.4b). The latter 
approach uses the slice-selection gradient as a spoiler (Kwong et al. 1995). 
By keeping the same gradient waveform, it also allows better cancelation of 
eddy-current effects between the tagged and the control images. In the absence 
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of an accompanying slice-selection gradient, the inversion pulse inverts spins 
in the entire volume of the transmitting RF coil, provided that the bandwidth 
of the RF pulse is wide enough to encompass the resonance frequencies within 
the volume, a condition that is almost always satisfied. Because both the arter- 
ial blood and the tissue experience similar inversion recovery, and the T\ of 
arterial blood is only slightly longer than that of gray matter, there is virtually 
no sensitivity to arterial inflow in the control image (Nishimura et al. 1987). 

Unlike the situation in EPISTAR, the tagged magnetization in FAIR is 
not inverted and thus has a positive z component. The magnetization for the 
control image, on the other hand, is inverted and hence is negative. To maintain 
a positive sign for AM, we use the following definition for FAIR: 

AMf a i r = M t - M c (17.9) 

(Note that some authors refer to the slice-selective inversion image as the con- 
trol and nonselective image as the tag. Under that convention, the definition of 
AM is identical to that for EPISTAR given in Eq. 17.7; however, AM becomes 
negative.) Becuase the magnetization of the tagged region is not inverted, it 
does not fade away due to T\ relaxation. However, the magnetization of the 
control image is inverted and experiences inversion recovery. Therefore, the 
net T\ -relaxation effect on AM fair is similar to that in EPISTAR. 

FAIR is more robust against the MT effect because no off-resonance irra- 
diation is applied with respect to the imaging slice. This facilitates multislice 
imaging, as described in subsection 17.1.5. Another advantage of FAIR over 
EPISTAR is that arterial blood feeding the tissue from both proximal and distal 
sides of the imaging slice is tagged. When the flow direction is unknown or 
when the feeding arteries have tortuous paths, FAIR reduces underestimation 
of perfusion, because inflows from both directions are registered and contribute 
to the difference image. 

Several variations of the FAIR pulse sequence have been developed. In 
a technique called uninverted flow-sensitive alternating inversion recovery 
(UNFAIR) (Helpern et al. 1997; Tanabe et al. 1999) or extraslice spin tag- 
ging (EST) (Berr and Mai 1999), two consecutive inversion pulses with the 
same carrier frequency are used in the pulse sequence. To acquire the tagged 
image, one of the inversion pulses is played with a slice-selection gradient 
to selectively invert the magnetization of the imaging slice while the other 
inversion pulse is nonselective (or very slightly selective with a much broader 
spatial profile than that of the selective inversion pulse) to invert all spins. 
As a consequence, the magnetization of the imaging slice experiences a 360° 
rotation and ends at a positive z axis. The inflow magnetization is affected by 
only one inversion pulse and thus is inverted. To acquire the control image, 
both inversion pulses are nonselective (or very slightly selective with the same 
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spatial profiles), resulting in an uninverted image. With UNFAIR, the signal 
change is defined as: 

AM unfair = M c - M t , (17.10) 

which is different from Eq. (17.9) for FAIR because the tagged image in 
UNFAIR caries negative magnetization. Compared to FAIR, UNFAIR does 
not invert the control image. Therefore, it is insensitive to the inversion time 
or the difference between blood and tissue T\ s. This property also makes 
UNFAIR less sensitive to errors due to radiation damping (Zhou et al. 1998). 

BASE is another variation of FAIR (Schwarzbauer and Heinke 1998). 
This technique acquires a basis (BA) image (i.e., a control) without any spin 
preparation and a tagged image with a selective (SE) inversion pulse applied 
at the imaging slice location. Because the nonselective inversion pulse is not 
used in the control image, BASE is more robust against a mismatch between the 
inversion profile and the imaging slice profile than FAIR. For example, if the 
inversion profile does not entirely contain the imaging slice, the noninverted 
stationary magnetization in the imaging slice contributes to AM in FAIR, but 
not in BASE. This property also makes BASE suitable when a small RF coil 
is used on a relatively large subject. 

Another variation of FAIR is known as flow-sensitive alternating inversion 
recovery with an extra radiofrequency pulse (FAIRER) (Mai et al. 1 999). As the 
name implies, FAIRER employs a slice-selective saturation pulse delivered to 
the imaging location immediately after the inversion pulse of a FAIR sequence. 
This technique was developed to reduce the TI sensitivity of the subtracted 
image and improve the robustness against TI values that are close to the nulling 
point of specific tissues. 

Another technique, which is also called FAIRER (FAIR excluding radi- 
ation damping), addresses the problem of radiation damping (Zhou et al. 
1998). In the presence of radiation damping, FAIR is subject to errors in 
perfusion quantification. In this FAIRER technique, the effect of radiation 
damping is suppressed by employing a very weak gradient (e.g., 0.6 mT/m) 
during the delays (e.g., the inversion delay and spin echo delays) in the pulse 
sequence. 

Quantitative Perfusion Calculation 

Apparent T\ For simplicity, we first neglect the effects of transit delays 
from the tagging region to the imaged slice (this assumption is removed later). 
We then assume that ( 1 ) the effect of MT is completely compensated for and 
(2) the T\ of blood is the same as the T\ of tissue. With these assumptions, the 
Bloch equation for the longitudinal magnetization in the presence of perfusion 
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can be modified to the following form (Detre et al. 1992): 

dM Mo - M / 

-— = -H- + fM h - J -M (17.11) 

at T\ X 

where M is the longitudinal magnetization of the tissue with an equilibrium 
value of Mo, Mb is the longitudinal magnetization of the inflowing arterial 
blood, / is the perfusion rate defined in Eq. ( 1 7.2), and A. is the partition coeffi- 
cient of water molecules between tissue and blood. Without these assumptions 
about transit delay and T\ -relaxation times, the Bloch equation can also be 
expressed in a form similar to Eq. (17.1 1) in which M b is replaced with an 
apparent arterial blood magnetization. The first term of Eq. (17.11) is the 
nominal term that arises from T\ relaxation, and the second and the third terms 
account for spins entering the tissue (inflow) and exiting the tissue (outflow), 
respectively, due to blood flow. From Eq. (17.1 1), it can be seen that the tis- 
sue T\ -relaxation rate (i.e., 1/Ti) is effectively increased by f/X, resulting 
in an apparent longitudinal relaxation time T[ given by (Detre et al. 1992; 
Kwongetal. 1995): 

1 1 / 

7v"n + T (m2) 

Because X can be generally assumed to be a constant (~ 0.9 for brain tissue), 
one approach to quantifying perfusion is to obtain two T\ maps (i.e., T[ and T\ 
maps). The T[ map is computed from a series T\ -weighted tagged images with 
varying TI values, and the T\ map from a set of T\ -weighted control images 
(Section 14.2). This simple model can also be modified to account for the 
difference between tissue and blood T\ -relaxation times (Kwong et al. 1995). 
Although this method has been employed for quantitative perfusion studies, 
its widespread use has been impeded largely due to the long acquisition times. 

Perfusion Quantification by Image Subtraction Once the arterial spins 
have been labeled, it takes time for them to travel from the tagging site to the 
imaging slice location. Assume that the arterial blood can be characterized as 
uniform plug flow at both the leading edge and the tailing edge and that the 
time origin is chosen to be the end of the tagging pulse. The labeled arterial 
magnetization (normalized to its maximal value) in the imaging location is 
proportional to: 

< t < r a 

c(t) = e-'/ 7 * fa < t < h + 8 (17.13) 

h + 8 <t 
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where f a is the arrival time of the leading edge of the tagged spins, also known as 
the transit delay, t a +8 is the departure time when the tailing edge of the tagged 
spins leaves the imaging slice, 8 is the duration when the tag remains in the 
imaging slice, and T\ b is the T\ relaxation time of the blood. Equation (17.13) 
has also assumed a thin slice at the imaging location. Thus, the discontinuities 
at t — t a and t = t a + & are completely caused by the plug flow. Using this 
model and assuming that the tagged water is completely extracted from the 
blood to the tissue under the well-mixed condition, it can be shown that AM in 
Eqs. (17.7M17.10) can be expressed as (Buxton et al. 1998; Yang et al. 1998): 



AM(t) = 



< t < t a 

2a (^) (t - t a )fe-" T ^d(t) t a <t <t a + 8 
2a(^8fe-'l T ^§{t) t a +8<t 



where a is the fraction of the achieved inversion over the maximal possible 
inversion of the magnetization (Zhang et al. 1993), and #(f ) is a dimensionless 
term that depends on t a , 8, T{, and Tib- Alternative expressions of AM can 
also be found (e.g., Kwong et al. 1995; Kim 1995; Calamante et al. 1996). 
Note that Eq. (17.14) differs from that given by Buxton et al. (1998) because 
we have used Mo/A to replace the equilibrium magnetization of the arterial 
blood. Eq. (17.14) also differs from the results in Yang (2002) because we 
have used the approximation (1 - e~ x ) % x that is valid for* <<C 1. 

In Eq. (17.14), a can be experimentally determined or calculated with a 
theoretical model. &(t) typically has a value close to 1 and can be dropped 
from Eq. (17.14). k can be assumed to be a constant (e.g., 0.9 for brain tissue) 
(Herscovitch and Raichle 1985). T lb is obtainable from a T\ measurement 
(Tib ^ 1 .2 s at 1 .5 T) or can be approximated by the tissue Ti value. However, 
neither the transit delay t a nor the bolus duration 8 is known a priori. Therefore, 
perfusion quantification based on Eq. (17.14) requires measurements at least 
at two time points. Because t in Eq. (17.14) can be approximated by the 
inversion time TI of the sequence, the measurements can be performed at two 
different TI values. For example, the signal difference between the tag and the 
control images is first normalized with respect to Mo. The normalized signals 
(AM /Mo) at two different TI values are used to calculate both / and t a based 
on the second line of Eq. (17.14), provided that both TI values satisfy the 
condition t a < TI < t a + 8. Alternatively, if data with multiple TI values 
are obtained, the normalized signal (AM /Mo) can be plotted against TI and 
the perfusion rate / can be extracted by curve-fitting (Yang et al. 1998). 

Lack of knowledge of the transit delay t a makes perfusion quantifica- 
tion using pulsed AST difficult and time consuming. One technique used to 
address this problem is to employ one or more spatial saturation pulses during 
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FIGURE 17.5 A QUIPPS or QUIPPS-II pulse sequence. The first 90° saturation pulse 
is applied to the imaging slice. The 1 80° inversion pulse can be played according to the 
strategies in EPISTAR, FAIR, or PICORE. The following two 90° saturation pulses 
(shaded) are applied to the imaging slice in QUIPPS or to the tagging slab in QUIPPS- 
II. More or fewer saturation pulses can be played, s indicates the spoiler gradient, 
which can be played along any axis. For simplicity, the readout and phase-encoding 
gradients are not shown. 



the inversion time to saturate either the imaging slice or the tagging region 
(Figure 17.5). The former approach is known as quantitative imaging of perfu- 
sion using a single subtraction (QUIPSS) and the latter as QUIPSS-II (Wong 
et al. 1998). With the saturation pulses, the tagged bolus is shaved at either its 
leading or tailing edge. Compared to methods with a single saturation pulse, 
multiple saturation pulses applied to the same spatial location can improve the 
degree of saturation considerably. Because the time of the last saturation pulse 
can be experimentally controlled, the unknown transit delay in Eq. (17.14) can 
be replaced with a known pulse sequence timing parameter such as TIi and TI2 
in Figure 17.5, as detailed in Wong et al. (1998). For example, the elimination 
of the transit delay from the second line of Eq. (17.14) makes it possible to 
quantify perfusion with a data set acquired at a single TI value. 

17.1.4 Continuous Arterial Spin Tagging 

Steady-state AST, also known as continuous arterial spin labeling (CASL) 
or continuous AST, was developed before pulsed AST (Detre et al. 1992; 
Williams et al. 1992). The early method employing multiple saturation pulses 
(Detre et al. 1992) has now largely been replaced by methods based on magnet- 
ization inversion (Williams et al. 1992). Unlike pulsed AST, adiabatic inversion 
in continuous AST relies on the flow-induced (also known as flow-driven or 
velocity-driven) fast adiabatic passage principle (Dixon et al. 1986) to provide 
a continuous supply of inverted arterial spins to the imaging location. 
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Flow-Induced Adiabatic Inversion Consider an arbitrary RF pulse 
B\ (t) = Ae~ ,u>rft that has neither amplitude nor frequency modulation (i.e., 
both A and wrf are constants). According to Section 6.2, this pulse cannot 
behave as an adiabatic inversion pulse for stationary spins. For moving spins, 
however, the situation is quite different; the pulse can indeed produce adia- 
batic inversion if a magnetic field gradient G along the direction of motion 
is applied concurrently with the RF pulse. With such a gradient, spins loc- 
ated at ro = a>rf/(yG) along the gradient direction are on resonance (y is the 
gyromagnetic ratio). 

Consider a group of arterial spins moving from a remote location r(t) 
toward the tagging plane at ro, then passing through the imaging plane, and 
eventually flowing away from the plane (Figure 17.6a). The frequency offset 
of the spins relative to the RF carrier frequency is: 

Aco(t) = yGr(t) - a* = yG[r(t) - r ] (17.15) 

This frequency offset corresponds to a z component of the effective magnetic 
field B e ff, defined in Section 1.2: 

^r = ^+iA (17.16) 

Y 
where, without loss of generality, we have assumed that the RF pulse B\ (t) = 
Ae~ lWdt is applied along the x axis in a B\ rotating reference frame with a 
frequency of twrf (Section 1.2). 

When r(t) is far away from ro (e.g., r(t) <& ro), the effective field is 
approximately parallel (or anti-parallel) to the z axis because | Aco(t)\ » y A 
(Figure 1 7.6b). As the spins approach the tagging plane at ro, B e ff rotates to the 
transverse plane. As long as the adiabatic condition is satisfied (Sections 6. 1 
and 6.2), the magnetization M tag of the moving spins follows B e ff and nutates 
toward the x axis (Figure 17.6c). When r(t) = ro, the moving spins are on- 
resonance, and both B e ff and M tag lie in the transverse plane (Figure 17.6d). 
As the spins move away from ro, \Aco(t)\ increases, resulting in B e ff and M tag 
turning toward the longitudinal axis (Figure 17.6e). Eventually, B e ff becomes 
anti-parallel (or parallel) to the z axis and M tag is inverted from the +z axis 
to the —z axis (Figure 17.6f). Under the adiabatic condition described by 
Eq. (17.17), the magnetization of the moving spins is inverted irrespective of 
their velocity v. 

^-«r?^«^l4ff| (17.17) 



where 72b is the 72 relaxation time of the arterial blood. If the velocity is 
too fast, the inequality on the right side of Eq. (17.17) is violated. If the 
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FIGURE 17.6 Flow-induced adiabatic inversion, (a) Arterial blood flowing from a 
location remote from the tagging plane (r <§; ro), passing through the tagging plane 
(r = ro), and eventually moving away from the tagging plane toward the imaging 
location (r » ro). (b)-(f) Change in direction of the effective magnetic field B e ff 
together with the magnetization vector M tag during the course of the arterial blood 
flow in (a). Under the adiabatic condition, the magnetization of arterial spins M tag 
follows B e ff- The conditions corresponding to (b)-(f) are r «; ro, r < ro, r _= ro, 
r > ro, and r 3> ro, respectively. Although we have assumed B e ff is parallel to M tag at 
r <^C ro, adiabatic inversion of M tag can also be achieved if B e ff is anti-parallel to M tag . 



velocity is too slow, then the relaxation effect dominates and the ii 
becomes ineffective. Because Tr^ is not longer than T\b, we have used l/^b 
in Eq. (17.17) instead of 1/T lb . This is a more stringent condition than if T 2 b 
were replaced byTib, which is used by some authors. 

It is worth noting that the stationary spins at the tagging location ro do not 
satisfy the adiabatic condition and typically experience a very large flip angle 
(e.g., 1000°). The stationary spins in the imaging slice, on the other hand, 
are virtually unaffected because the tagging pulse is off-resonance and has a 
narrow bandwidth. Similar to the case of EPISTAR, however, the tagging pulse 
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does introduce MT effects to the imaging slice, which must be compensated 
for in the perfusion quantification. 

Continuous AST Pulse Sequence Similar to pulsed AST, a continuous 
AST pulse sequence also acquires at least two images, a tagged one and a con- 
trol. The pulse sequence to acquire the tagged image begins with a flow-induced 
adiabatic inversion pulse and an accompanying gradient G along the direction 
of arterial flow. Although a rectangular RF pulse can be used, the extremely 
long pulse width (e.g., several seconds) needed to achieve a continuous arterial 
spin inversion often exceeds the RF amplifier capability or regulatory limits on 
SAR. Therefore, in practice, a rectangular pulse is approximated by a series 
of shorter hard pulses separated by a time delay, as shown in Figure 17.7. The 
typical duty cycle ranges from 70 to 90%. The carrier frequency / tag of the 
pulse is adjusted so that the tagging location is a few centimeters proximal to 
the imaging slice. For a given value of / tag , the tagging gradient G determines 
the tagging location. Note that G must also satisfy Eq. (17.17) for a range of 
velocities. 

Example 17.1 A flow-induced adiabatic inversion pulse is used to tag spins 
at a location 3 cm proximal to the imaging slice. If a gradient of 4.5 mT/m is 
played with the RF pulse, what is the carrier frequency of the tagging pulse 
relative to an excitation RF pulse applied to the imaging slice? 




FIGURE 17.7 A continuous AST pulse sequence, (a) Pulse sequence to acquire a 
tagged image in (c). (b) Pulse sequence to acquire a control image in (d). In (a), 
the flow-induced adiabatic inversion pulse has a frequency offset / tag relative to the 
excitation pulse, so that a tagging plane proximal to the imaging plane is selected. In (b), 
the flow-induced adiabatic inversion pulse has a frequency offset — / tag relative to the 
excitation pulse, which moves the tagging plane to the distal side of the imaging plane. 
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Answer The resonance frequency offset for spins at the tagging location is: 

y „ In x 42.57 MHz/T 
/ = ~GAr = '— x 4.5mT/m x (-0.03m) 

171 ZJT 

= -5.75 kHz 

If the RF excitation for the imaging slice has a zero frequency offset, then the 
g pulse should be modulated by -5.75 kHz. 



Following the long tagging pulse, a spoiler gradient is often played out to 
dephase any transverse magnetization that might be produced by imperfections 
of the inversion pulse. After this inversion module and a time delay, an imaging 
pulse sequence (i.e., a host sequence as defined in Section 14.2) is executed to 
acquire a tagged image at the imaging slice location shown in Figure 17.7c. 
During the next TR, this pulse sequence repeats itself with the frequency of 
the tagging pulse changed to -/tag, or with a negative tagging gradient -G 
to obtain a control image (Figure 17.7b). The former approach ensures that 
the control and tagged images have the same eddy-current effects induced by 
the tagging gradient, whereas the latter method compensates for the MT effect 
more effectively (subsections 17.1.5 and 17.1.6). For multiple averages, the 
tagged and control images are almost always interleaved to improve robustness 
against patient bulk motion and system instability. 

A number of pulse sequences can be used as the imaging pulse sequence 
following the inversion module. Examples include spin echo (Williams et al. 
1992), gradient echo (Roberts et al. 1994), and EPI (Ye et al. 1996). Similar 
to the case of pulsed AST, single-shot EPI is a common choice due to its 
fast acquisition speed and robustness against misregistration in the subtracted 
images. 

Perfusion Quantification In continuous AST, the normalized labeled 
arterial magnetization (i.e., AM /Mo) at the imaging location is proportional to: 



t a + 8 <t 

All the timing parameters in Eq. (17.18) are defined analogous to those in 
Eq. ( 17. 1 3), and the time origin is defined to be the end of the adiabatic inversion 
pulse. Unlike the case for pulsed AST, c(t) now becomes a step function if a 
uniform plug flow is assumed. If we further assume that the kinetics of water 
exchange between tissue and blood is described by a single-compartment, well- 
mixed model (Buxton et al. 1998; Zhang et al. 1993) and water is completely 
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extracted from the vascular space to the tissue immediately upon arrival at 
the tissue, then the magnetization difference (AM = M c — M t ) between the 
control image and the tagged image (on a pixel-by-pixel basis) is: 

10 < t < t a 

2a(f)fTle-^(l-e-<'-»n) ,.<,<,.+* 

2 a (M)/r 1 '€-'"/r.b g -('-'.-«)/r^ 1 _ e -6/T{j ta + S <t 

(17.19) 

where, again, t can be approximated by the inversion time TI and T[ is given 
by Eq. (17.12). Because the imaging pulse sequence is applied when t a < t < 
t a + S, we focus on the second line of Eq. (17.19). With a sufficiently long TI 
(i.e., (TI-fa) » T[), (l - e~ (t ~' a)/ T i) ^ 1 and AM becomes independent of 
time. This condition can be satisfied by using a long TI value in the sequence, 
which is why a long delay time is necessary in continuous AST (Alsop and 
Detre 1996). With this approximation: 

AM = 2a(^-)fTle- ! ^ (17.20) 

For rodent studies at high magnetic field (e.g., 4.7 T), the transit delay t a 
is short relative to the blood TI relaxation time T\ b . Under these conditions, 
Eq. (17.20) reduces to: 



*)„T 



AM, Mo, and T[ can all be measured, a can be obtained by simulation or 
a calibration experiment (Zhang et al. 1993; Maccotta et al. 1997), and A. is 
known (A. = 0.9 for brain tissue). Thus, / can be determined from Eq. (17.21). 
Once / is known, perfusion in milliliters per 100 grams of tissue per minute 
(mL/lOOg tissue/min) can be readily obtained from Eq. (17.2). Compared to 
the second line of Eq. (17.14), Eq. (17.21) is independent of the transit delay; 
therefore, perfusion quantification is easier with continuous AST than with 
pulsed AST. 

For human studies performed at a lower magnetic field (e.g., 1.5 T), the 
contribution from the exponential factor in Eq. (17.20) is significant due to 
the increased ratio of f a /7ib- Ignoring this factor results in underestimation of 
/. If a delay time w (e.g., 1 s) is introduced between the end of the tagging 
pulse and the RF excitation pulse of the imaging sequence, then Eq. (17.20) 
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FIGURE 17.8 (a) A T\ -weighted spin echo brain image and (b) the corresponding 
perfusion-weighted image AM (b) and (c) the CBF map obtained at 1.5 T using con- 
tinuous AST from a 22-year-old healthy female. Key acquisition parameters for the 
perfusion images are TR = 3.7 s, TE = 60 ms, FOV = 24 cm, in-plane matrix 
size = 64 x 64, delay time = 1 s, averages = 50 pairs (50 tagged and 50 control 
images), and the total acquisition time = 8.2 min. (Courtesy of Frank Q. Ye, Ph.D., 
National Institute of Mental Health, National Institute of Health) 



becomes: 



AM=2„f*W'-"^ W ^-t'> '>' 



)/r;exp(-^)exp(|-A) (17 . 22) 

provided that w is longer than ? a (Alsop and Detre 1996). By further assuming 
T\b % T[, perfusion can be quantified from Eq. ( 1 7.22) without explicitly know- 
ing the transit delay time t & . This assumption holds well for gray matter because 
the difference between blood and gray matter T\ s is rather small (e.g., within 
10% at 1.5 T). For white matter, the T\ difference is larger. The sensitivity to 
the transit delay, however, is still reduced by introducing a long delay time w. 
To summarize, perfusion quantification with continuous AST involves 
( 1 ) measuring the image intensity difference between the control and the tagged 
image; (2) normalizing the intensity to Mo, which is often approximated by the 
control image M c ; (3) obtaining a T\ map (see Section 14.2); (4) determining 
a through calibration or simulation; (5) calculating / from Eq. (17.21) or 
Eq. (17.22); and (6) converting it to P if necessary. A perfusion map using 
the method outlined in this subsection is shown in Figure 17.8c, along with a 
qualitative perfusion-weighted image (Figure 17.8b). 



17.1.5 Multislice Arterial Spin Tagging 

Extending single-slice AST to multiple slice locations is not straight- 
forward. If a tagging pulse is played for each slice using a 2D sequential acquisi- 
tion mode (Section 1 1 .5), the total acquisition time becomes prohibitively long 
because AST experiments require a long inversion time (or long tagging time) 
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and consequently a long TR. Even with single-shot imaging pulse sequences 
such as EPI, the need for a large number of signal averages to increase the SNR 
still makes the total acquisition time problematic. For example, if 60 averages 
(30 control and 30 tagged images) are needed to achieve a sufficient SNR for 
the calculation of a reliable perfusion map at 1 .5 T, the scan time for 10 slices 
will be 40 min using a single-shot EPI with a TR of 4 s. In addition, a T\ - 
mapping scan is also required, which exacerbates the already long imaging 
time. The scan time can be reduced if a single tagging pulse is played for 
a group of slices. This approach, however, faces other challenges. 

In EPISTAR and continuous AST, each slice in the group receives a differ- 
ent off-resonance irradiation frequency fi, f2, fo, ■ ■■ , fn (where n is the slice 
index) from the inversion pulse and hence experiences a different MT effect 
(Figure 17.9). When the inversion pulse in the control sequence is played, the 
order of the off-resonance irradiation reverses to f „,..., fi , fi , f\ among the 
slices, and so does the MT effect. Subtracting the tagged image from the control 
image does not cancel the MT effect, except for the slice located at the center 
of the group, which experiences the same off-resonance irradiation between 
the tagged and the control images. One technique to address this problem is 
to apply the inversion pulse for the control image at the same location as in 
the tagged image (i.e., both inversion pulses are applied to a proximal loca- 
tion). In EPISTAR, this pulse is split into two back-to-back inversion pulses 
(Edelman and Chen 1998). The arterial spins experience a 360° rotation, as 
if there were no pulse applied, so a control image can still be obtained. The 
off-resonance irradiation on a given imaging slice in the group is equivalent 
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FIGURE 17.9 Magnetization transfer effect in multislice EPISTAR or continuous 
AST in (a) a tagged image and (b) a control image. The frequencies of off-resonance 
irradiation for the imaging slices are labeled on the left-hand side of each figure. For 
a given slice location, the off-resonance frequency is different between the tagged and 
the control images, unless the slice is located at the center of the group. 
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(or at least very similar) to that in the corresponding tagged image. The MT 
effect is thus compensated to a large extent. In multislice continuous AST, 
the inversion pulse for the control image can be amplitude-modulated with a 
cosine function (Alsop and Detre 1998). If the frequency of the cosine function 
is f m (e.g., 200 Hz), then the original tagging position r c is split into two loc- 
ations r c ± 2nf m /{yG). This is similar to the double sideband or Hadamard 
spatial saturation described in Section 5.3. Because f m is much smaller than 
the frequency separation between the imaging slice and the tagging location, 
the two split locations are both near r c . When the arterial spins pass through 
both locations en route to the imaging slice, they experience a 180° inversion at 
each location. Therefore, no net effect occurs on the magnetization (neglecting 
the relaxation effects) and the image can be used as a control. Because both 
control and tagging pulses are delivered to virtually the same location at or 
near r c , the MT effect is compensated for. Another technique to compensate 
for the MT effect is to cosine modulate both the tagging inversion pulse and 
control inversion pulse with a large modulation frequency fu (e.g., 15 kHz) 
(Talagala et al. 1998). The tagging pulse is applied in the presence of a tagging 
gradient so that the magnetization is inverted at both a proximal (e.g., with 
—fu) and a distal location (e.g., with +/m) symmetric to the imaging region 
of interest. The application of this double sideband RF irradiation produces 
an MT profile that is symmetric and reasonably flat over a range about the 
mid-point of the two RF bands. The control pulse is applied in the absence 
of a tagging gradient, producing an identical (or very similar) MT profile to 
that in a tagged image. The MT effect can then be canceled in the image sub- 
traction for all slices within the region where the MT profile is symmetric and 
reasonably flat. In addition to techniques with pulse sequence design, the MT 
effect in multislice AST can also be addressed by using a small local RF coil 
to deliver the RF pulse for spin tagging while using another coil to perform 
imaging (Zhang et al. 1995; Zaharchuk et al. 1999). Because the RF irradiation 
is local, the MT effect at the imaging location can be substantially reduced. 

In FAIR, PICORE, and TILT multislice imaging, the problem with the 
reversed MT effect shown in Figure 17.9 is avoided due to the ways that the 
control and the tagged images are acquired. The transit delay, however, varies 
among different slices. The same problem also exists in other pulsed AST 
techniques, including EPISTAR. Transit time has been modeled on a per-slice 
basis for quantitative multislice imaging (Yang et al. 1998; Kim et al. 1997). 
Figure 17.10 shows a set of six axial CBF maps acquired using a FAIR sequence 
and data processing outlined in subsection 17. 1 .3. The variable delay time for 
multiples slices has also been addressed using a technique known as simul- 
taneous multislice acquisition with arterial flow tagging (SMART) (Kao et al. 
1998). This technique relies on Hadamard encoding to simultaneously acquire 
multiple slices. The number of slices is, however, rather limited (e.g., two). 
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FIGURE 17.10 Six axial CBF maps obtained from a healthy human volunteer 
using a FAIR sequence on a 3.0T scanner. Key imaging parameters are TE = 7.6 ms, 
TR = 2000 ms, TI= 1200 ms, FOV = 22cm, in-plane matrix size = 64 x 64, slice 
thickness = 5 mm, and averages = 50 pairs (50 tagged and 50 control images). 
(Courtesy of Yihong Yang, Ph.D., National Institute of Drug Abuse, National Institute 
of Health) 



17.1.6 Practical Considerations 

Asymmetric MT Effects Signal loss due to MT is a major source of error 
in perfusion quantification. Several compensation schemes discussed earlier 
for single-slice imaging are based on the assumption that the MT effect is the 
same between positive (/tag) and negative (—/tag) off-resonance irradiation 
with respect to the water resonance frequency of the imaging slice. If the MT 
effect is different (i.e., asymmetrical), then it will not be canceled completely in 
the difference image AM. The techniques previously discussed for multislice 
imaging can be employed to address this problem. Alternatively, a four-step 
acquisition strategy (Pekar et al. 1996) can be used in a scan with 4A7 averages 
(where N is a positive integer). The frequency offset of the inversion pulse 
toggles between / tag and —/tag as usual. At each frequency, the slab-selection 
gradient (for EPISTAR) or the tagging gradient (for continuous AST) alternates 
between +G and — G, resulting in a total of four acquisitions. A difference 
image between (/tag, G) and (/tag, —G) compensates for the asymmetric MT 
effect, and a difference image between (—/tag, G) and (/tag, G) removes the 
eddy-current effect. Multiple difference images are combined to calculate AM. 
In this way, both asymmetric MT effect and the eddy-current effect induced 
by the tagging gradient are reduced. 
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Arterial Signal Elimination One assumption we have made thus far 
is that the labeled arterial blood is completely extracted by the tissue. This 
assumption does not necessarily hold for all pixels (Silva et al. 1997). If the 
labeled spins remain in the arteries, the resulting AM image will appear hyper- 
intense, leading to overestimation of perfusion. Because the arterial blood 
moves much faster than diffusion or perfusion, the arterial blood signal can be 
effectively suppressed by a small diffusion-weighting gradient without sub- 
stantially affecting the desired signal. This gradient, also called a crusher in 
several papers on AST (Wong et al. 1998; Ye et al. 1997; Schepers et al. 2003), 
can be incorporated into either a gradient-echo- or a spin-echo-based imaging 
sequence, as detailed in Section 9.1. 

Specific Absorption Rate Continuous AST pulse sequences have high 
SAR in order to satisfy the adiabatic condition and to attain a steady state of 
the labeled spins in the imaging slice. This problem is worsened in multis- 
lice imaging or at higher main magnetic fields (e.g., 3.0 T). One approach 
to address this problem is to use a small coil (e.g., a surface coil) to trans- 
mit the inversion pulse locally to an artery, such as the carotid artery, while 
using a larger coil to transmit the RF pulses for imaging (Zaharchuk et al. 
1999; Mildner et al. 2003). This approach can reduce SAR considerably as 
well as decreasing the MT effect discussed in subsection 17.1.5. A drawback 
of this method is that it involves additional hardware (i.e., two transmitters) 
as well a software control to switch between RF transmitters within a pulse 
sequence. 

Slice Profile It has been shown that imperfections in the spatial profile 
of the inversion pulse are a source of error in perfusion quantification with 
pulsed AST (Frank et al. 1997; Keilholz-George et al. 2001). For an adiabatic 
inversion pulse, the spatial profile imperfections can arise from off-resonance 
effects, relaxation (Frank et al. 1997), and flow (Zhan et al. 2002). The pro- 
file imperfection, if uncompensated, leads to substantial signal variation. This 
problem can be worsened in multislice AST, in which the broader slice cover- 
age makes it more sensitive to the transition regions of the spatial profiles. To 
reduce this sensitivity, RF inversion pulses with reduced pulse width have been 
proposed (Frank et al. 1997). For example, the performance for multislice ima- 
ging with pulsed AST can be considerably improved simply by reducing the 
pulse width of a hyperbolic secant inversion pulse from 30 to 15 ms. Another 
solution is to employ a frequency offset corrected inversion (FOCI) pulse, 
which produces sharper transition regions than the hyperbolic secant pulse. 
The details of FOCI are described by Ordidge et al. (1996) and its applications 
to AST can be found in Yongbi et al. (1998, 1999). 
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17.2 Diffusion Imaging 

Diffusion is essentially a random walk of molecules in a medium. In the 
presence of a magnetic field gradient, diffusion of water molecules causes a 
phase dispersion of the transverse magnetization, resulting in the attenuation of 
the MRI signal (Carr and Purcell 1954; Stejskal and Tanner 1965). The degree 
of signal loss depends on tissue type, structure, physical and physiological 
state, as well as the microenvironment. MRI data acquisition methods that are 
designed to explore or exploit tissue diffusion properties are collectively called 
diffusion imaging pulse sequences. 

To increase the sensitivity to diffusion, all diffusion imaging pulse 
sequences contain a diffusion-weighting gradient (Section 9.1). In principle, 
diffusion-weighting gradients can be incorporated into any pulse sequence, 
although sequences employing RF spin echoes are more popular than those 
based solely on gradient echoes. Examples of some diffusion imaging 
sequences include spin echo, spin-echo EPI, RARE (or fast spin echo), stim- 
ulated echo acquisition mode (STEAM), steady-state free precession (SSFP), 
spiral, and GRASE. Most of these pulse sequences are described in their 
respective sections. The incorporation of diffusion-weighting gradients into 
several pulse sequences is discussed in subsection 17.2.2. Depending on the 
imaging pulse sequence that is combined with the diffusion gradients, diffu- 
sion imaging can be performed in ID, 2D, or 3D mode. This section focuses 
primarily on the 2D diffusion imaging techniques because they are used most 
frequently. 

A diffusion-weighting gradient substantially increases the sensitivity 
of the sequence to molecular Brownian motion (named after Robert Brown 
1773-1858, a British botanist), but it also introduces an undesirable sensi- 
tivity to other types of motion, such as bulk motion (Anderson and Gore 
1994). To freeze bulk motion, single-shot pulse sequences, such as single- 
shot EPI, RARE, or spiral, are commonly used. The k-space matrix size 
of single-shot sequences, however, is limited (e.g., 128 x 128 or smaller), 
resulting in rather low spatial resolution (e.g., ~2 mm or worse). Multishot 
diffusion imaging sequences can considerably improve the spatial resolution, 
but require an accompanying motion correction technique, such as a navigator 
echo (Section 12.2). 

Diffusion imaging is a family of techniques, including (but not limited 
to) diffusion-weighted imaging (DWI) (Le Bihan et al. 1986), quantitative 
mapping of diffusion coefficients, diffusion tensor imaging (DTI) (Basser et al. 
1994), q-space imaging (Callaghan 1991), and other techniques to measure 
diffusion anisotropy such as diffusion spectroscopic imaging (DSI) (Tuch et al. 
2002) and high-angular-resolution diffusion (HARD) imaging (Frank 2002). 
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FlGUREl7.11 An example of (a) a DW brain image and (b) a corresponding quantita- 
tive ADC map. The DW image was acquired using a single-shot EPI pulse sequence 
with the following acquisition parameters: b = 1000 s/mm 2 , TR = 6000 ms, TE = 
73 ms, FOV = 22 cm, matrix size = 128 x 128, and slice thickness = 5 mm. 



Diffusion-weighted imaging typically employs a single b-value (see 
Section 9.1) to produce an image. In this image, the intensity of each voxel is 
exponentially weighted by the average diffusion coefficient of the proton spins 
within that voxel (Figure 17.1 la). 

Quantitative diffusion coefficient mapping is based on at least two 
diffusion-weighted (DW) images, each acquired at the same location but with 
a different b-value to vary the degree of diffusion weighting. These images are 
processed to yield a quantitative map that displays the diffusion coefficients 
(Figure 17. 1 lb). (In the context of this section, we use map to denote a calcu- 
lated image that quantitatively reflects a physical or physiological parameter, 
and image to denote an image that is weighted by a physical or physiological 
property.) Because the calculated diffusion coefficients can be influenced by 
tissue perfusion, partial volume averaging, and other experimental errors, they 
are often referred to as apparent diffusion coefficients (ADCs) (Le Bilhan 
1995). Quantitative diffusion coefficient mapping is thus also called ADC 
mapping. (Note that in the literature the abbreviation ADC is also used to 
denote the analog-to-digital converter hardware in the receiver chain. To avoid 
confusion, we abbreviate the name of that device by A/D.) 

Diffusion tensor imaging is a technique that measures the spatial orienta- 
tion dependence, or anisotropy, of the diffusion process. It requires not only 
at least two ^-values, but also six or more independent diffusion gradient 
directions to produce a set of DW images. The independent directions are 
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often referred to as noncollinear in the literature, although they cannot all lie 
in the same plane either. Through a series of mathematical calculations, the 
set of DW images can be converted to scalar and vector maps that describe 
a variety of tissue diffusion properties. Scalar diffusion anisotropy maps are 
used to visualize the location, size, and integrity of fibrous structures such 
as white-matter fiber tracts in the brain (Pierpaoli and Basser 1996). Vector 
anisotropy indices provide information on diffusion spatial orientation that can 
be used to infer fiber tract connectivity in three dimensions (Xue et al. 1999; 
Basser et al. 2000). In both cases, it is assumed that anisotropy in the diffusion 
process correlates to the structure of the tissue. 

q-Space imaging (Cory and Garroway 1990; Callaghan et al. 1991) is less 
commonly used in MRI than the previously mentioned techniques, but has 
received renewed interest in recent years (Assaf et al. 2002; Basser 2002). It 
produces a diffusion displacement probability profile, from which translational 
displacement, diffusion coefficient, root-mean-squared spatial displacement, 
and the size of diffusion microenvironment can be measured. The spatial dis- 
placement that can be obtained from q-space imaging is typically much smaller 
than an imaging voxel dimension, which makes q-space imaging particularly 
attractive for microscopic studies (Callaghan et al. 1988). 

17.2.1 Basics of Diffusion in Biological Tissues 

Molecular diffusion is a stochastic thermal phenomenon characterized by 
Brownian motion. The behavior of the unrestricted diffusion is described by 
the equation: 

r^s - V2Dt (17.23) 

which relates the ID root-mean-squared displacement (r^) to the diffu- 
sion time (?) and the diffusion coefficient D. D is in distance squared per 
time (e.g., mm 2 /s). Equation (17.23) is known as the Einstein equation, after 
Albert Einstein (1879-1955), the well-known German and American 
physicist. 

In biological tissues, diffusion of water molecules is affected by the 
presence of macromolecules, organelles, cell membrane, and other cellular 
and subcellular structures (Le Bilhan 1995). These structures manifest them- 
selves as obstacles to molecular diffusion and can considerably reduce the 
diffusion coefficient of water. For example, intracellular space has a higher 
concentration of macromolecules and organelles than the interstitial space 
or extracellular space. Consequently, the diffusion coefficient in intracellular 
space is believed to be many times smaller than that in extracellular space 
(van Zijl et al. 1990; Inglis et al. 2001). The substantial difference between 
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intracellular and extracellular diffusion coefficients has been exploited in sev- 
eral applications that relate diffusion measurements to cell-density changes 
during disease progression and regression (Sugahara et al. 1999; Zhou et al. 
2002). 

Generally, the restrictions on water diffusion imposed by macromolec- 
ules and tissue structures do not have spherical symmetry. The restriction in 
one direction can be considerably greater than that in other directions. This 
causes a phenomenon known as diffusion anisotropy, which means the dif- 
fusion varies with spatial orientation. Molecular diffusion in an anisotropic 
medium is described by multiple diffusion coefficients to account for the 
directional dependence. Mathematically, the directional dependence can be 
expressed as a second-rank tensor, known as the diffusion tensor (Basser et al. 
1994), which is cast in a 3 x 3 matrix: 



D xx D xy D xz 
D xy D yy D yz 
D xz D yz D zz 



Each of the six independent matrix elements in Eq. ( 1 7.24) represents a unique 
diffusion coefficient defined in a laboratory reference frame with x, y, and z 
being the spatial coordinates. (Without loss of generality, we have assumed 
that the physical axes, X, Y, Z, in the laboratory frame coincide with the 
logical axes, x,y,z, and have used lowercase x, y, and z for the subscripts of 
the diffusion coefficients in Eq. 17.24.) A matrix element along the diagonal 
corresponds to diffusion along that axis in the laboratory reference frame, and 
an off-diagonal element represents the degree of correlation between random 
motion in the two directions. The elements of the diffusion tensor are real, and 
the matrix in Eq. (17.24) is symmetric; that is, the matrix is unchanged when 
its elements are transposed. An intuitive description of the diffusion tensor is 
that the diffusion boundary at each spatial location is ellipsoidal, with three 
root-mean-squared (rms) spatial displacements r\, ri, and rj, along the three 
axes, each obeying Eq. (17.23): 



where D\, £>2, and Dt, are the corresponding diffusion coefficients along the 
axes of the diffusion ellipsoid shown in Figure 17.12. Note that here we use the 
term diffusion boundary to refer to the surface of the diffusion ellipsoid rather 
than the physical boundary that causes diffusion anisotropy or the boundary 
defined by the rms displacements. 
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FIGURE 17.12 Anisotropic diffusion can be described by a diffusion ellipsoid with 
the semiaxes equal to the amplitude of the diffusion tensor eigenvalues D\, D2, and 
D3. The directions of the three axes coincide with the directions of the eigenvectors 
Xi, A.2, and A3. 



In an isotropic diffusion medium, such as cerebrospinal fluid (CSF), the 
diffusion tensor described by Eq. (17.24) reduces to a single diffusion coeffi- 
cient D (i.e, D xx = D yy = D zz = D, and D xy = D yz = D xz = 0). In an 
anisotropic diffusion medium, at least one of the three diffusion coefficients 
D\ , D2, and D3 is unequal to the other two. For example, in white-matter fiber 
tracts, the diffusion coefficient along the direction of the fiber tract is consid- 
erably larger than that of the other directions. This direction is often referred 
to as the principal diffusion direction. By characterizing the diffusion tensor 
at each spatial location, structures with varying degrees of diffusion aniso- 
tropy can be distinguished from one another. For fibrous tissues with a high 
degree of diffusion anisotropy, the fiber orientation and connectivity can also 
be revealed based on the principal diffusion directions, as further discussed in 
subsection 17.2.5. 



17.2.2 Diffusion Imaging Pulse Sequences 

Single-Shot Spin-Echo EPI At the present time, single-shot spin-echo 
EPI is the most prevalent sequence for diffusion imaging due to its high acquisi- 
tion speed (e.g., < 100 ms per image) and motion insensitivity. Figure 17.13 
shows a diffusion-weighted single-shot spin-echo EPI pulse sequence. In this 
pulse sequence, a pair of identical diffusion-weighting gradient lobes are 
placed on either side the 1 80° refocusing pulse. The gradient direction can be 
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FIGURE 17.13 A diffusion-weighted single-shot spin-echo EPI pulse sequence. The 
diffusion-weighting gradient (shaded) can be applied in any arbitrary direction by vary- 
ing the relative components along the three orthogonal gradient axes. For simplicity, 
only the positive gradient lobes are shown. (The diffusion-weighting gradient is not 
drawn to scale.) 



controlled by varying its vector components (shown in shaded areas) along 
the three orthogonal axes. To minimize TE, the maximal gradient amplitude h 
is used to achieve the desired 6-value. Although using the maximal slew rate 
Sr also reduces TE, its use can cause the pulse sequence to exceed regulatory 
limits for peripheral nerve stimulation. In addition, depending on the time 
constants, a faster slew rate can also cause more problems from eddy currents 
induced by the diffusion-weighting gradient. 

Diffusion pulse sequences based on single-shot EPI inherit virtually all of 
the artifacts associated with EPI. For example, distortion caused by magnetic 
susceptibility variations is frequently observed in the frontal sinus and regions 
near the temporal bone. The susceptibility variations are difficult to correct 
even on a scanner equipped with resistive higher-order shimming coils. The 
susceptibility artifacts increase linearly with the field strength fi - The recent 
advent of parallel imaging can help reduce susceptibility-induced artifacts by 
reducing the echo train length and thereby the amount of time that the off- 
resonant spins accumulate phase errors. Many system imperfections such as 
eddy currents and mismatches in hardware group delays can cause Nyquist 
ghosts in DW images by the mechanisms discussed in Section 16.1. The ghosts 
are typically less conspicuous than those in non-DW EPI images, primarily 
due to the reduced SNR. The image distortion caused by the eddy currents, 
however, is commonly seen in DW echo planar images. This artifact is further 
discussed in subsection 17.2.7. 
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RARE Sequences Incorporating a diffusion-weighting gradient into a 
RARE (or fast spin echo) pulse sequence is not straightforward. This is because 
adding a pair of diffusion-weighting gradient lobes that straddles the first RF 
refocusing pulse violates the CPMG conditions (see Section 16.4). This causes 
inconsistent phase errors between the spin echoes and the stimulated echoes, 
leading to signal loss and increased artifacts. 

One approach that addresses this problem is to first prepare the transverse 
magnetization with proper diffusion weighting (Alsop 1 997), then store the 
diffusion-prepared magnetization on the longitudinal axis, and finally recall 
this magnetization by employing stimulated echoes (Alsop 1997; Norris et al. 
1 992; McKinnon 2000). Because the signal from the primary echo is discarded, 
the images produced by this sequence suffer from low SNR. The signal loss 
can be substantially reduced by employing RF refocusing pulses with quad- 
ratic phase (i.e., non-CPMG fast spin echo), as described by Bastin and Le 
Roux (2002). An alternative approach is to play out the diffusion-weighting 
gradient around the first RF refocusing pulse in the refocusing pulse train and 
to use crusher gradients to eliminate signal from the stimulated echoes while 
preserving the spin echo signal (Beaulieu et al. 1993). (In this section, a spin 
echo means the primary spin echo as defined in Section 16.4.) Although this 
pulse sequence does not satisfy the CPMG conditions, as long as the B\ field 
is homogeneous and the flip angles of the refocusing RF pulses are close to 
180°, signal loss can be minimized. A pulse sequence employing this method 
is shown in Figure 17.14. 

If the imperfect refocusing pulses are played out in the presence of an 
imbalanced readout gradient waveform (e.g., the readout gradient area is more 
than twice the prephasing gradient area), it has been shown that two fam- 
ilies of echoes are produced in the echo train (Norris et al. 1992). Starting 
from the second refocusing pulse, each readout window can contain two 
echoes with different phases because of the violation of the CPMG condi- 
tions (i.e., the stimulated echo and the spin echoes are not in phase.). In a 
pulse sequence known as split acquisition of fast spin echo signals for dif- 
fusion imaging (SPLICE) each readout window is made sufficiently long so 
that the two echoes can be acquired separately (Schick 1997). Two separ- 
ate DW images are reconstructed, one from each of the two echo families. 
The two magnitude (i.e., not complex) images are combined to improve the 
SNR. In this way, signals from both spin echoes and stimulated echoes can be 
used. A disadvantage of SPLICE is that the echo spacing must be prolonged by 
approximately 15-30%) to accommodate the acquisition of two echoes at each 
echo spacing interval, leading to increased image blurring or shorter echo train 
length. A SPLICE pulse sequence is shown in Figure 17.15, in which diffu- 
sion weighting is prepared using a stimulated echo (see additional discussion 
later). 
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FIGURE 17.14 A diffusion-weighted RARE pulse sequence. The diffusion- weighting 
gradient pair (shaded) straddles the first refocusing pulse. The direction of the dif- 
fusion gradient is controlled by varying the relative components along the three 
orthogonal gradient axes. The diffusion gradients are shown as positive lobes, but 
any diffusion gradient lobe can be negative as well. Stimulated echo signal is dephased 
by varying the amplitude and (or) polarity of the crusher gradients. Coherence path- 
ways based on spin echoes are used to produce the DW image. The refocusing pulses 
should have flip angles as close as possible to 180°. The phase of the RF pulses is 
indicated by the subscript of the flip angle for each pulse. 

At the present time, diffusion pulse sequences based on RARE are still an 
active area of research and have not been as widely used as EPI. 

5pm Echo Sequence Figure 17.16 shows a spin echo pulse sequence 
with a pair of diffusion gradients straddling the RF refocusing pulse. The 
implementation of this pulse sequence is straightforward, although a navi- 
gator echo (not shown in Figure 17.16) is typically required to monitor the 
motion-induced phase variations and correct the phase error during image 
reconstruction (Ordidge et al. 1994; de Crespigny et al. 1995). With proper 
motion correction, spin echo pulse sequences can yield high-quality high- 
resolution DW images with minimal artifacts. The data acquisition time, 
however, can be very long ( 10-20 min), which inhibits its widespread accep- 
tance for clinical applications. Spin echo diffusion imaging is another area that 
can potentially benefit from parallel-imaging techniques. 

Stimulated Echo Pulse Sequences A DW stimulated echo sequence is 
shown in Figure 17.17. Three 90° pulses with the same phase (e.g., all applied 
along the x axis in the rotating reference frame) are used to produce a stimulated 
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FIGURE 17.15 A SPLICE pulse sequence using RARE with a stimulated echo dif- 
fusion preparation. One diffusion gradient lobe is applied between the first two 90° 
pulses, and the other after the third 90° pulse (For simplicity, only the positive diffu- 
sion gradient lobes are shown as indicated by the shaded areas). The TM time allows 
a high b- value to be achieved without incurring the 7 2 *- and T2 -induced signal decay 
because the magnetization is stored along the longitudinal axis. The readout gradient 
waveform is not balanced because the pre-phasing area A' is less than one-half of the 
readout area A. This produces two echo families when the refocusing pulses deviate 
from 180°. Two split echoes are acquired at each readout window. The slice-selection 
gradient waveform is not shown. The diffusion-weighting gradient can be applied to 
any axes. 
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FIGURE 17.16 A diffusion-weighted spin echo pulse sequence. A navigator echo 
(not shown) is often required to detect and correct the phase errors due to motion. 
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FIGURE 17.17 A diffusion-weighted stimulated echo (i.e., STEAM) pulse sequence. 
For simplicity, the slice-selection gradient waveform is not shown. The diffusion- 
weighting gradient can be applied to any axes. 



echo. The first two pulses are separated by a time delay r. After the same 
delay r following the third pulse, a stimulated echo is produced. In order to 
introduce diffusion weighting into the stimulated echo, two identical diffusion 
gradient lobes are applied, one during the first and one during the second x 
interval. Because the magnetization for the stimulated echo is stored along 
the longitudinal axis between the second and the third RF pulses, it does 
not experience any T£ or Tj dephasing during the time interval TM. TM, 
however, does contribute to the diffusion gradient lobe separation A. Thus, a 
high fr-value can be obtained without incurring the TE-induced signal loss, as 
compared to the spin echo and spin-echo EPI pulse sequences in Figures 17.16 
and 17.14. The SNR of the stimulated echo pulse sequence, however, is less 
than that of the corresponding spin echo sequence with the same TE because 
the maximal amplitude of the stimulated echo is only one-half of that of a 
spin echo. The pulse sequence shown in Figure 17.17 is also known as a DW 
STEAM (stimulated echo acquisition mode) pulse sequence (Merboldt et al. 
1985). 

If the third pulse in Figure 17.17 is replaced by a series of low flip angle 
pulses separated by a short TR, a high-speed DW STEAM pulse sequence 
results (Merboldt et al. 1992). Similar to the SPLICE sequence shown in 
Figure 17.15, the stimulated echo produced by the first three RF pulses is used 
to prepare DW magnetization so that it can be used for subsequent spatial 
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encoding with a fast gradient echo sequence. The high-speed DW STEAM 
pulse sequence has been used to produce single-shot diffusion images from 
the human brain with relatively low spatial resolution (Merboldt et al. 1992). 

Other Diffusion Pulse Sequences In addition to the pulse sequences 
already discussed, many other sequences have been developed for diffusion 
imaging. Diffusion-weighted GRASE provides a good compromise between 
EPI and FSE, but problems inherent to both techniques must be dealt with 
(Liu et al. 1996). Diffusion-weighted spiral has a data acquisition speed com- 
parable to EPI. For multishot spiral, multiple spiral interleaves all sample 
the center point in k-space, allowing zeroth-order phase correction to be per- 
formed without the need of additional navigator echoes (Chenevert et al. 1996; 
Tsukamoto et al. 1996). This concept of employing k-space data consist- 
ency is also used in DW projection acquisition and PROPELLER imaging 
(Section 17.5) to address the problem with motion sensitivity (Pipe et al. 
2002). In DW projection acquisition, the motion-induced phase errors can 
also be removed by inverse Fourier transforming a radial k-space line to obtain 
a projection, followed by Fourier transforming the magnitude of the projection 
back to k-space. The resultant k-space data are regridded and inverse-Fourier- 
transformed to obtain the final image (Trouard et al. 1999). Diffusion-weighted 
line scan acquires a two-dimensional image one line at a time (Maier et al. 
1998). Motion-induced inconsistent phase errors are removed prior to com- 
bining all the lines to form a 2D DW image. An example of a diffusion 
imaging pulse sequence using gradient echoes with echo shifting is discussed 
in Section 16.3. This sequence allows the two lobes of the diffusion-weighting 
gradients to be separated by one or more TR intervals (Delalande et al. 1999). 
Therefore, a high b-value can be achieved with a large gradient lobe separation 
A, analogous to the stimulated echo diffusion sequence discussed previously. 

17.2.3 Diffusion- Weighted Imaging 

In the presence of a gradient, molecular diffusion attenuates the MRI signal 
exponentially: 

5 = Soe~ bD (17.26) 

where S and So are the voxel signal intensity with and without diffusion, 
respectively; D is the diffusion coefficient along the direction of the applied 
diffusion gradient; and b is the b- factor or b- value (see Section 9. 1 ) that controls 
the degree of diffusion weighting in the image. The spatial dependence of D, S, 
and So is not explicitly expressed in Eq. (17.26) to simplify the notation. At 
a given fc-value, tissue with fast diffusion (e.g., CSF in the brain) experiences 
more signal loss, resulting in low intensity in the DW image, whereas tissue 
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FIGURE 17. 18 Three diffusion-weighted images acquired with the same fr-value, but 
different gradient directions. Images are acquired with gradients along the (a) right-left, 
(b) anterior-posterior, and (c) superior-inferior din 



with slow diffusion (e.g., gray matter) produces high intensity in the image 
(Figure 17.11a). 

Equation (17.26) is valid for a diffusion-weighting gradient in any arbitrary 
direction. For a given diffusion gradient direction, contrast of the resultant 
DW image is specific to that gradient direction and can change with patient 
orientation. To remove the patient-orientation dependence, three DW images 
can be obtained, each with a diffusion-weighting gradient applied along one 
of the three orthogonal directions (e.g., physical X, Y, and Z gradient di- 
rections, or logical x, y, and z directions; Figure 17.18) (Sorensenetal. 1996). 
The corresponding MRI signal intensities for the general case of anisotropic 
diffusion are: 



S x = S e~ 
S y = Soe' 1 
S z = Soe-' 



,-b,, D, x 



(17.27) 
(17.28) 
(17.29) 
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where b xx ,b yy , and b zz are the ^-values associated with each diffusion gradi- 
ent. Note that any nonzero off-diagonal matrix elements in the diffusion 
tensor do not contribute to Eqs. (17.27)— (17.29), provided that the diffusion- 
weighting gradient axes correspond to the axes of the coordinate system in 
which the diffusion tensor in Eq. (17.24) is defined. If the same b- value is used 
in all three directions (i.e., b xx = b vy = b zz = b), the geometric mean of the 
three signals is: 

.<?.,., = ?fsJLj: = S np -b(D XI + D, y +D :: )/3 = . W -*JW/3 m *m 



where D trace is the sum of the diagonal elements of the matrix in Eq. (17.24) 
and is known as the trace. The trace of a matrix is rotationally invari- 
ant; that is, it has the same numerical value if the matrix is expressed in 
a rotated coordinate system. Because of this property, the image intensity 
S xyz is independent of patient orientation. The DW image obtained using 
this scheme is sometimes called the isotropic DW image or diffusion-trace- 
weighted image. Although the three diffusion gradient directions are most 
commonly selected to be along the orthogonal logical axes, any three dir- 
ections can be used as long as they are mutually perpendicular to one 
another. 

When a single-shot EPI pulse sequence is employed, the individual DW 
images used to produce the diffusion-trace-weighted image can contain incon- 
sistent distortion, causing problems with image registration. To address this 
problem, a single DW image can be acquired with multiple diffusion-weighting 
gradient lobes along different axes in a single sequence (Mori and Zijl 1996; 
Wong et al. 1995). For example, a diffusion gradient lobe can be success- 
ively applied along each of the three gradient axes before a 1 80° refocusing 
pulse and again after the refocusing pulse. Although the resulting DW image 
is not exactly weighted by Arace, the effect of diffusion anisotropy is notably 
reduced. By selecting a proper pattern of the diffusion gradient lobes in the 
pulse sequence, an image weighted by D trace can also be obtained. A primary 
drawback of this technique is that it requires a higher diffusion gradient amp- 
litude or a longer TE in order to achieve the same &-value compared to the 
simpler pulse sequence in Figure 17.13. 

Clinically, the primary application of DWI has been for the early detection 
of cerebral ischemia (Warach et al. 1996). The regions under ischemic attack 
exhibit a hyperintense signal on DW images, with easily discernable contrast 
relative to normal brain tissue. It has been reported that the contrast between 
the early stage of stroke and the healthy tissue is typically not observed in 
conventional T\- and 72-weighted images, until damage at the cellular level 
considerably changes the tissue-relaxation properties. 
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17.2.4 Quantitative Apparent Diffusion 
Coefficient Mapping 

In quantitative ADC mapping, a series of DW images are acquired with 
multiple 6-values, 5i = S e~ h]D , S 2 = S e~ h2D , . . . , S„ = Soe~ b " D . Each 
signal can represent the geometric average of three DW images as described by 
Eq. (17.30) to remove the patient-orientation dependence. A linear fit between 
ln(So/S,-) and bj is performed on a pixel-by-pixel basis, and the slope of a 
linear regression yields the apparent diffusion coefficient D. This process is 
very similar to T2 mapping based on a series of ^-weighted images with 
varying TE values (see Section 14.3). The pixel-by-pixel ADC values form 
an ADC map whose image contrast is inverted compared to a DW image 
(Figure 17.11). For example, tissues with a high diffusion coefficient appear 
hyperintense in an ADC map, but hypointense in a DW image. 

When acquiring a series of DW images for ADC mapping, it is important 
to keep imaging parameters (other than the b- value) identical. To maintain a 
constant TE, ^-values are typically changed by varying the diffusion-gradient 
amplitude instead of its duration. In addition, the contribution from ima- 
ging gradients should be included in the b- value calculation in order to avoid 
overestimation of the ADC value. 

Example 17.2 In a diffusion pulse sequence, the diffusion-weighting gradi- 
ent produces a b- value of 500 s/mm 2 and the imaging gradients contribute 
40s/mm 2 to the b-value. The measured DW signal is S = 0.4S - What is the 
ADC value if the contribution from the imaging gradients to the £>-value is 
(a) neglected and (b) considered? 

Solution 

(a) Substituting S = 0.4S and b = 500 s/mm 2 into Eq. (17.26), we have: 

D = !nM = ,. 8 xKrW /s 

(b) Using b = (500 + 40) = 540 s/mm 2 , D is recalculated to be: 

ln(0.4) , , 

D = -^~~ = 1.7 x 10- 3 mm 2 /s 

Therefore, D is overestimated unless the imaging gradients are considered. 

When an imaging gradient waveform G im (G im can be a readout, phase- 
encoding, or slice-selection gradient) is accounted for, the b-value has the 
following general form (Mattiello et al. 1994): 

6 = ciG 2 + C2G d G im + c 3 Gf m (17.31) 
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where d is the diffusion gradient amplitude, and c\,C2, and C3 are the coef- 
ficients that depend on the details of the pulse sequence. These coefficients 
can be analytically or numerically calculated using Eq. (9.5). The first term is 
expected from the diffusion- weighting gradient, as described in Section 9. 1 . 
The last term is independent of the diffusion gradient and, consequently, can 
be absorbed into So. The second term is known as the cross-term. Because the 
imaging gradient waveforms differ among the three logical (or physical) axes, 
the cross-term contribution varies with the direction of the diffusion gradient. 
This gives rise to false diffusion anisotropy, as well as overestimation of the 
ADC value. The cross-term can be compensated for during ADC mapping 
if the term C2GdGi m is known (Mattiello et al. 1994; Neeman et al. 1990). 
Because the phase-encoding gradient is changing during k-space space data 
acquisition, cross-term correction is typically used only for the readout and 
slice-selection gradient waveforms (Neeman et al. 1990; Eis and Hoehnberlage 
1995). 

When the b- value exceeds M500 s/mm 2 , it has been shown that diffusion 
imaging signal of the brain tissue exhibits biexponential decay (Inglis et al. 
2001; Mulkern et al. 1999; Clark et al. 2002), as described by: 

S = S he- bD( + (l-$)e- bD >\ (17.32) 

where £ and (£ — 1) are the diffusion compartmental fractions, and Df and 
D s are the ADCs for the fast and slow diffusion components, respectively. To 
produce maps of Df , D s , and § , nonlinear fitting algorithms such as Levenberg- 
Marquardt can be used (Press et al. 1992). Although it has been hypothesized 
that the two compartments could originate from the intracellular and the extra- 
cellular spaces, a good correlation between diffusion measurements and known 
cell-volume fraction has not been well established (Mulkern et al. 1999; Clark 
et al. 2002). 

To minimize the effects of tissue relaxation in diffusion imaging, DW 
images should be acquired with sufficiently long TR (e.g., TR > AT\) and 
short TE (e.g., TE < 372). Although long TR can be used in diffusion imaging 
pulse sequences, especially those based on echo trains, the time needed to play 
out the diffusion-weighting gradient can considerably prolong the minimum 
TE (e.g., TE min = 70 ms), which introduces T 2 or r 2 * contrast into the DW 
image. This effect can reverse (i.e., invert) the actual diffusion contrast in the 
brain tissue and is sometimes called T2 shine-through. 

Quantitative ADC mapping is an effective way to remove the Ti shine- 
through effect. To reduce the scan time for ADC mapping, two b-values 
can be used, one at (or close to) zero to obtain So and the other larger (e.g., 
b = 1000 s/mm 2 ) to measure S. Thus, ADC can be directly calculated from 
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Eq. (17.26) without a linear regression. If diffusion anisotropy is a concern, 
the image with nonzero b- value can be acquired three times, as described in 
subsection 17.2.3. An average ADC map (i.e., a map based on Arace/3) can 
be calculated using Eq. (17.30). 

Another approach to eliminate the T 2 shine-through effect is to calculate 
the ratio of the two images 5 and So acquired with and without the diffusion- 
weighting gradient while keeping all other acquisition parameters identical. 
The ratio, evaluated on a pixel-by-pixel basis, yields an image weighted only 
by e~ bD , effectively eliminating any confounding Tj effects without explicitly 
calculating ADC. An additional benefit of this approach is that the resultant 
image contrast is not reversed, as in the case of ADC mapping. This image is 
sometimes called an exponential diffusion image. 



17.2.5 Diffusion Tensor Imaging 

As discussed in Section 17.2.1, tissue structure imposes a nonspherical 
geometry on water diffusion boundaries, leading to diffusion anisotropy. A 
single, scalar diffusion coefficient D (or ADC) no longer suffices to describe 
diffusion in anisotropic media. Instead, a diffusion tensor given by Eq. (17.24) 
is used. DTI is a technique that maps diffusion anisotropy at each spatial 
location using the diffusion tensor formalism. Many types of images can be 
calculated from a DTI acquisition. Examples include scalar diffusion aniso- 
tropy indices, individual diffusion coefficients, ADC, trace, and vector maps 
of the principal diffusion direction. 



Determination of Diffusion Tensor Elements When diffusion anisotropy 
is considered, Eq. (17.26) is generalized to: 

Sj = S exp (-An 2 I kj -D ■ kjdtj (17.33) 



'il d '"' w 



j is the index of the diffusion gradient orientation (j = 1 , 2, 3, ... , N), and 
superscript T denotes transpose of the matrix representation of a vector. Neg- 
lecting the imaging gradients (i.e., Gj(t') is approximated by the diffusion 
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gradient Gay (?'))> we obtain: 
Sj = So exp I — b ■ [uj vj 



D xx D xy D xz 

D X y Dyy Dy Z 

D xz D\. z D zz 



(17.35) 
where uj, Vj, and Wj are the direction cosines of the diffusion gradient vector 

G d j{t'y. 

G dj (t') = G dj [ Uj vj wj] (17.36) 

The product Qj of the vector transpose, matrix, and vector in Eq. (17.35) 
is known as the quadratic form of the diffusion tensor matrix. The quadratic 
form only takes on positive values and is a function of u 2 , w 2 , v 2 , and hyper- 
bolic terms such as UjWj. The elements of the matrix are the coefficients of 
this second-order polynomial. Geometrically, the quadratic form represents an 
ellipsoid when it is plotted in the Uj Wj Vj coordinate system. If the axes of that 
coordinate system are aligned with the principal axes of the diffusion tensor, 
all the hyperbolic terms drop out, and the quadratic form simplifies to: 

Qj = D iU 2 + D 2 v 2 + D 3 w 2 - (17.37) 

where D\, D 2 , and D3 are defined in Eq. (17.25). 

Similar to ADC measurement, the calculation of the diffusion tensor in 
Eq. (17.35) requires at least two ^-values. Unlike the ADC measurement, 
however, the diffusion gradient must change its orientation along at least six 
noncollinear, noncoplanar directions at any b-value except for b = (where 
the gradient directions are degenerate). Thus, the minimum number of images 
that must be acquired in DTI is seven: one with a zero £>-value to yield So, and 
six with nonzero ^-values to produce S\, S 2 , . . ■ , S(,. . With this data set and 
known diffusion gradient directions, the six elements of the diffusion tensor 
can be evaluated by solving the following linear equation: 



Ij = In (Sq/Sj) = b ■ [uj 



= bQj 



D xv 


D xz ' 




~Uj~ 


Dyy 


Dyz 




v j 


Dy Z 


D Z z 







When the number of gradient directions exceeds six, the tensor elements can 
be obtained using a least-squares fitting algorithm, such as singular value 
decomposition (SVD) (Arfken 1970). 
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The number of diffusion gradient directions (N) used in DTI data acquisi- 
tion along with the spatial distribution of gradient directions at a given N 
are collectively referred to as the diffusion gradient scheme. Many diffusion 
gradient schemes have been published and evaluated in the literature (Jones 
et al. 1999; Skare et al. 2000; Papadakis et al. 1999; Poonawalla et al. 2000). 
Increasing N typically improves the precision of DTI tensor element calcula- 
tion and produces diffusion anisotropy maps with superior quality. However, 
the gain in image quality becomes progressively less when the number of dir- 
ections exceeds ~25, provided that the total acquisition time is held constant 
by trading off the number of gradient directions N with the number of signal 
averages (Poonawalla and Zhou 2004). 

For a specified value of N, there are infinite ways to distribute the N 
noncollinear gradient directions in the 3D space. The optimal distribution of 
gradient orientations is an active area of current research in DTI. The present 
consensus is to distribute the diffusion gradient directions as uniformly as pos- 
sible across three dimensions (Jones et al. 1999; Skare et al. 2000; Papadakis 
et al. 1999; Batchelor et al. 2003). A common criterion in evaluating the diffu- 
sion gradient scheme is to minimize the condition number (Skare et al. 2000). 

Scalar Diffusion Anisotropy Calculations The diffusion tensor elements 
(D xx , D xy , D yz , . . .) are defined in the laboratory coordinate system and thus 
are patient-orientation-dependent. To eliminate this dependency, the diffusion 
tensor matrix obtained from Eq. (17.38) can be diagonalized to the following 
form: 



£>i 





o" 





D 2 











#3 



This is equivalent to using a new coordinate system that is aligned along the 
three axes of the diffusion ellipsoid at each spatial location. The elements, D\ , 
D 2 , and £>3, of Eq. (17.39) are known as the characteristic values or eigenval- 
ues of the matrix. The sum of the three eigenvalues is the trace of the diffusion 
tensor, discussed in subsection 17.2.3. Each eigenvalue D, (i = 1, 2, 3) cor- 
responds to a characteristic vector or eigenvector A.,-. If one eigenvalue is 
considerably larger than the other two (such as in the case of white-matter 
fiber tracts in the brain), the largest eigenvalue is referred to as the principal 
diffusion coefficient and its eigenvector is aligned along the principal diffusion 
direction. This scenario is graphically shown in Figure 17.12. 

Once the eigenvalues are known, a number of diffusion parameters can 
be produced. For example, each eigenvalue can be used to form its own map 
to show the apparent diffusion coefficient along each axis of the diffusion 
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ellipsoid. The sum of the eigenvalues can yield another map that is mathemat- 
ically equivalent to a diffusion trace map described by Eq. (17.30). This map 
can be further used to synthesize a diffusion-trace-weighted image. To visu- 
alize the location of the fiber tracts, a diffusion anisotropy image is typically 
calculated based on one of several scalar anisotropy indices, such as relative 
anisotropy (RA), fractional anisotropy (FA), or volume ratio (VR) (Pierpaoli 
and Basser 1996; Ulug and van Zijl 1999): 



1_ 



J^iDi - Awg) 2 



/ECA-Awg) 2 

fa = yn r'~' -= — (i7.4i) 



D\D 2 D 3 



- D 2 + £> 3 



(17.43) 



Both relative anisotropy and fractional anisotropy are based on the standard 
deviation of the eigenvalues, but they are normalized by different denominators 
and coefficients. Relative anisotropy ranges from to -Jl and is linear over a 
wide range of diffusion anisotropy found in the human brain tissues. Fractional 
anisotropy, which has values ranging from to 1 , has been found to be more 
sensitive than RA at low values of anisotropy. An FA map from a healthy 
human subject is shown in Figure 17.19. 



Tractography Magnetic resonance tractography is a technique that maps 
the tissue fiber orientation and connectivity in three dimensions, guided by 
the principal diffusion directions (Xue et al. 1999; Basser et al. 2000). It is 
primarily used for tracking the white-matter fiber tracts in the brain, although 
applications to other tissues are also possible (Wedeen et al. 2001). A key 
assumption in tractography is that tissue fiber orientation at a location can be 
approximated by the principal diffusion direction at the same location. Let 
Xi(r) be the eigenvector associated with the largest eigenvalue at location r. 
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FIGURE 17.19 A fractional diffusion anisotropy map of the brain of a healthy human 
volunteer. 



The fiber tract pathway, described by a 3D space curve h(r), can be calculated 
by solving the following equation: 



d(h(r)) X(r) 



dr 



Mr) 



Solving Eq. (17.44) is analogous to mapping the trajectory of a moving object 
with known velocity at each spatial location. The details on how to solve 
Eq. (17.44) can be found in Basser et al. (2000). 

Because X\{r) is typically measured with coarse spatial resolution (e.g., 
2x2x5 mm), interpolation is required to produce a visually continuous fiber 
pathway. With limited true spatial resolution, interpolation can introduce sub- 
stantial errors. Also, when two fiber tracts with different orientations coexist 
in a voxel, the model based on a single tensor becomes inadequate. DSI (Tuch 
et al. 2002) and HARD imaging (Frank 2002) have been developed to address 
these problems. 

The principal eigenvector can also be used to color-code a scalar diffusion 
anisotropy map, such as an RA or an FA map (Pajevic and Pierpaoli 1999). 
In this application, fiber orientation at a given voxel location is assumed to 
coincide with the direction of the principal eigenvector at the same voxel. 
By convention, orientations along left-right, anterior-posterior, and superior- 
inferior directions are represented by red, green, and blue, respectively. 
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For an arbitrary orientation that is not aligned with these orthogonal direc- 
tions, a color is synthesized based on its relative vector components in the red, 
green, and blue channels. The intensity of the color-coded map is determined 
by the diffusion anisotropy value. A color-coded FA map from a healthy human 
brain is shown on the cover of this book. 



17.2.6 q-Space Imaging 

q-Space imaging is a diffusion NMR technique originally proposed to 
measure structures far smaller than the spatial resolution of an MR image 
(Callaghan 1991; Callaghanet al. 1 99 1 ; Cory and Garroway 1990). This tech- 
nique measures the displacement probability profile arising from molecular 
diffusion and relates the shape of the profile to the diffusion coefficient and 
the size of the molecular microenvironment. Earlier work on q-space meas- 
urement was largely focused on NMR microscopy. Recently, q-space imaging 
has been extended to localized MR spectroscopy and human brain imaging 
(Assaf et al. 2002; Neeman et al. 1990) 

Consider a pair of rectangular Stejskal-Tanner gradient lobes with a gradi- 
ent amplitude Gd and duration S (see Figure 9.3). The q-space variable, also 
known as the reciprocal spatial vector, is defined as: 

q = ^-yZGi (17.45) 

or in scalar form 

q = — y SG d (17.46) 

2jt 

With this definition and Eq. (9.8). Eq. (17.26) becomes: 

S(q) = S exp \-4n 2 q 2 D(A - 5/3)1 (17.47) 

where A is the center-to-center gradient lobe separation. In q-space imaging, 
S(q) is measured at a number of q values (e.g.. 16). A Fourier transform of 
S(q) gives: 

F(r) = FT\S(q)\ = a exp(-£r 2 ) (17.48) 

where r is the Fourier conjugate of q, and a and ft are parameters that depend 
on the diffusion properties. F(r) is known as a displacement probability profile 
whose FWHM (ArpwHM) is related to the root-mean-squared displacement 
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by(Callaghanl991): 

r rm s = ^^=0.425Ar FW HM (17.49) 



Thus, for unrestricted diffusion, the diffusion coefficient can be readily 
obtained from Eqs. (17.49) and (17.23) by assuming t «s A. If diffusion is 
restricted within a sphere of diameter d, as long as A » d 2 /8D (a condi- 
tion known as long time-scale limit), the coefficient p of Eq. (17.48) becomes 
(Callaghan 1991): 

P = -|. (17.50) 

d L 

Thus, the diameter of the sphere d can be obtained either by a Gaussian curve 
fitting or by measuring the FWHM of the displacement probability profile. 
For example, d as small as ~ 10 |xm can be detected. 

17.2.7 Practical Considerations 

Achieving the highest possible SNR is pivotal for successful diffusion 
imaging. To reduce unnecessary signal loss due to relaxation effects, TE must 
be minimized at a given &-value while TR should be maximized within the total 
scan time constraint. The minimally achievable TE strongly depends on the 
gradient strength available on the scanner. The stronger the gradient strength, 
the shorter the minimum TE. Another important parameter that influences 
SNR is the b- value. For DW imaging of the human brain, the b- value typically 
ranges from 500 to 1000 s/mm 2 . For spine and abdomen imaging, smaller b- 
values (e.g., 200-500 s/mm 2 ) have been used, especially in non-EPI diffusion 
sequences (Zhou et al. 2002; Baur et al. 1998). For DTI with single-shot EPI, 
a recent study has suggested that the optimal 6-value depends weakly on the 
number of diffusion-weighting gradient directions (Poonawalla et al. 2000). 
A larger number of directions allows a smaller b-value to be used without 
compromising the image quality. 

In many quantitative applications, signal averaging is required to increase 
the SNR of the raw DW images. Due to the motion sensitivity of diffusion 
imaging pulse sequences, the k-space data can contain inconsistent phase errors 
across the individual data sets to be averaged. If signal averaging is performed 
in k-space, the phase errors can cause signal loss that varies across the image. 
To avoid this problem, the images to be averaged are first individually recon- 
structed. The magnitude images are then calculated and averaged to produce the 
final image. Alternatively, a phase correction can be applied prior to averaging 
the complex images (McKinnon et al. 2000). 
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When multiple diffusion images are used to calculate diffusion trace- 
weighted images, ADC maps, or diffusion tensor images, it is assumed that 
the raw DW images are all properly registered. This assumption is typically 
valid for diffusion pulse sequences based on spin echoes, stimulated echoes, 
and RARE. When single-shot EPI diffusion pulse sequences are used, how- 
ever, considerable image misregistration can be observed primarily due to 
varying eddy currents produced by different diffusion-weighting gradient amp- 
litudes and directions (Jezzard et al. 1998; Zhou and Reynolds 1997). It has 
been shown that eddy currents induced by the diffusion gradient produce Bo 
fields and gradients along the readout, phase-encoding, and slice-selection 
directions. Bo eddy currents can cause image shift along the phase-encoded 
direction. Gradient eddy currents along the readout and the phase-encoding 
axes lead to image shear and scaling (i.e., compression or dilation), respec- 
tively, also along the phase-encoded direction. Eddy-current gradients excited 
in the slice-selection direction reduce the overall image intensity due to imper- 
fect slice rephasing, but do not cause geometric distortion. These image 
distortion and intensity-loss effects, collectively referred to as image misreg- 
istration, manifest themselves as image blurring in diffusion-trace-weighted 
images obtained from Eq. (17.30), errors on ADC maps, and false diffu- 
sion anisotropy in DTI images. For example, eddy currents can produce a 
bright rim (i.e., a false diffusion anisotropy in the regions with most image 




FIGURE 17.20 A diffusion-trace-weighted image showing the severe artifacts caused 
by gradient-induced vibration. 
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misregistration) at the edge of the brain and an increased intensity in gray 
matter in FA or RA maps. A number of techniques have been developed to 
address the eddy-current-induced distortion in diffusion imaging, such as pre- 
emphasis calibration (Calamante et al. 1999), employing twice-refocused RF 
spin echoes with two bipolar diffusion gradient pairs to better cancel eddy cur- 
rents (Reese et al. 2003), real-time modification of pulse sequences to offset the 
eddy current effects (Zhou et al. 1999), and postacquisition image processing 
to reregister the diffusion images (Poupon et al. 2000). 

Although diffusion pulse sequences based on single-shot EPI are rather 
insensitive to intrashot motion within an image, excessive intrashot motion 
as well as motion among different DW images can still degrade the diffusion 
image quality. Motion often arises from two sources: patient bulk motion and 
table vibration induced by the strong diffusion-weighting gradient. An example 
of artifacts caused by gradient-induced vibration is shown in Figure 17.20. The 
first problem can be addressed with improved patient cooperation or by using a 
patient-restraint device such as a face mesh. If the table cannot be mechanically 
stiffened, a solution to the second problem is to decrease the amplitude of 
the diffusion-weighting gradient. This can be done either by prolonging the 
diffusion gradient pulse width (while holding b-value fixed) or by reducing 
the b-value and maintaining the same gradient pulse width. It should be noted 
that the former approach also results in a longer TE, which degrades the SNR. 
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17.3 Dixon's Method 

The suppression of lipid signal in MRI is very useful for improving contrast 
when imaging anatomy such as the breast or the optic nerve that contains 
(or is embedded in) fatty tissue. Because of its short T\ (about 230 ms at 
1.5 T), the bright (i.e., hyperintense) appearance of fat is especially prob- 
lematic on T\ -weighted images with short TR and short TE. Suppression of 
fat signal is especially beneficial when T\ -shortening contrast agents such as 
gadolinium chelates are used to visualize contrast-enhancing lesions. In T2- 
weighted RARE images, the bright fat signal intensity can also cause confusion 
when detecting lesions that exhibit hyperintensity. Because the NMR signal 
from the lipid protons is only second to that from water in human body, fat is 
a main contributor to chemical shift artifacts. At 1.5 T the fat-water chemical 
shift frequency difference is / cs % 210 Hz. Because typical RF bandwidths 
are on the order of 1-3 kHz, the selected slice for magnetization contain- 
ing fat can be spatially shifted by an appreciable fraction of the slice width. 
Because typical readout bandwidths are on the order of 50-200 Hz/pixel, the 
chemical shift artifact for fat can be several image pixels. For pulse sequences 
employing a train of phase-encoded gradient echoes, such as single-shot EPI, 
the bandwidth along the phase-encoding direction is only ~ 1 kHz across 
the FOV. Thus, the chemical shift artifacts can be particularly severe. For 
example, in a 128 x 128 single-shot EPI image, lipid signals can be dis- 
placed by as many as 27 pixels along the phase-encoded direction, as shown in 
Example 16.5. 

Methods for fat suppression include selective saturation of the lipid mag- 
netization and selective excitation of water magnetization. Examples include 
spectrally selective RF pulses (Section 4.3), binomial RF pulses (Section 4.1), 
and spectral-spatial RF pulses (Section 5.4). Another fat suppression tech- 
nique is short TI recovery (STIR), in which the water and fat magnetization 
is inverted, followed by a delay time TI that nulls the fat longitudinal magnet- 
ization (Section 14.2). Because water has longer T\ than fat (unless contrast 
agents are present), the longitudinal magnetization of water is negative but 
nonzero at the time of the RF excitation pulse. The transverse magnetization 
and signal that result are primarily from water. 

The use of spectrally selective RF pulses and STIR for fat suppression 
both have drawbacks. In general, spectrally selective RF pulses are sensitive 
to both B\ nonuniformity and Bq inhomogeneity, and they work poorly at low 
field strengths at which the fat-water frequency separation is small (e.g., / cs 
is only approximately 70 Hz at 0.5 T). STIR is sensitive to B\ nonuniformity 
(unless an adiabatic inversion pulse is used), prolongs scan time, and reduces 
the signal from other tissues in the process of nulling fat. 
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In addition to suppressing fat, it has been reported that determining the 
relative composition of fat and water in tissues can improve diagnosis for some 
diseases including bone marrow disease (Rosen et al. 1988), adrenal masses 
(Leroy-Willig et al. 1989) and some liver diseases (Lee et al. 1984). Imaging 
techniques that allow separation of magnetization components based on their 
chemical shifts are called spectroscopic imaging (SI) or chemical shift imaging 
(CSI) methods. 

Many of these drawbacks of STIR and spectrally selective RF pulses can be 
addressed with a very simple SI method. The proton spectrum is approximated 
by a two-component model, in which the spectral peaks correspond to fat 
and water. In this method, separate images of the fat and water components 
are created, eliminating the need for fat saturation while still removing the 
contrast degradation from bright fat. Although in reality the fat spectrum can 
be composed of numerous spectral peaks, this simple model is adequate for 
many purposes (Figure 17.21). 

Dixon's original method, also called two-point Dixon or 2PD, is an 
example of a two-component SI technique. The number of points refers to the 
number of images with distinct fat-water phase differences that are acquired 
per slice location. As we will see, the number of points is not necessarily the 
same as the number of spectral components to be separated. The original two- 
point method is sensitive to errors caused by Bo inhomogeneity and has since 
been extended to deal with this problem. Even further robustness is provided 
by the three-point Dixon or 3PD method, which deals with Bq inhomogeneity 
somewhat better than the extended two-point method. The Dixon method can 
be further extended to images with more than two spectral components, but 
the resulting acquisition times become rather long and other techniques can 
be more efficient (e.g., see Adalsteinsson et al. 1998). The Dixon method has 
primarily been used with 2D RF spin echo, gradient echo, and RARE pulse 
sequences, although some 3D gradient echo work has also been reported. 

17.3.1 Two-Point Dixon 

Original Two-Point Dixon Method Consider the RF spin echo sequence 
shown in Figure 17.22. Magnetization with a nonzero but static resonance off- 
set rephases at time r after the 1 80° refocusing pulse. This is referred to as the 
RF spin echo or Hahn echo. Bq inhomogeneity, chemical shift, or susceptibility 
variations can cause these resonance offsets. The phase accumulation caused 
by resonance offset due to the readout gradient, however, rephases at the point 
during the readout when the frequency-encoding gradient areas before and 
after the 180° pulse are equal (k x = point). In a conventional RF spin echo 
pulse sequence, A = 0, so these two points coincide (see Section 14.3). If 
A ^ 0, then isochromats with different chemical shifts will be out of phase 
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FIGURE 17.21 (a) Water and (b) fat (right) three-point Dixon images acquired with 
a four-channel transmit/receive coil using RARE (fast spin echo) with echo train 
length = 13, TR/TE = 4000/44, ±19.2-kHz bandwidth, 24 x 24cm FOV, 3.5-mm 
slice thickness, 0.5-mm gap, 320 x 256 matrix, echo shifts A = 0, ± 1 .2 ms. (Courtesy 
Scott Reeder, M.D., Stanford University and Hubert Lejay, M.S., GE Medical Sys- 
tems.) See Reeder et al. (2004) for more details about the processing algorithm, (c) 
Conventional fat saturation with a spectrally selective RF pulse using the same scan 
parameters plus 3 NEX. Nonuniform lipid suppression is evident across the image. 



with one another at the point where k x = 0, unless the phase shift happens 
to be an integer multiple of 2k. If the 180° pulse is delayed or advanced by 
A /2, the RF spin echo is delayed or advanced by A relative to the location 
of k x = 0. A spin isochromat with resonance frequency offset / cs has phase 
(t> = 2nf cs Aatk x =0. 

Consider two isochromats, one composed of fat and one of water pro- 
ton spins, with each having a single spectral peak within a voxel and having 
a resonance frequency difference / cs . Assume that the fat- water chemical 
shift is the only resonance frequency difference, that is, that there is perfect 
Bq homogeneity and negligible magnetic susceptibility variations or other off- 
resonance effects. We acquire one RF spin echo image with A = using a 
normal acquisition and a second with A = l/(2/ cs ) using an acquisition with 
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FIGURE 17.22 2PD RF spin echo pulse sequence. In the absence of gradients, the 
Hahn or RF spin echo would refocus at time r after the 1 80° pulse, at point H when 
the refocusing pulse with the dotted line is used. The peak of the signal, however, 
refocuses at the point where the readout gradient has equal area (shaded) before and 
after the 180° pulse (i.e., the k x = point). The 180° refocusing pulse and associated 
echo that produce the in-phase image (normal RF spin echo image) are shown with a 
solid line; the RF pulse that produces the opposed-phase image is shown with a dotted 
line. Shifting the refocusing pulse by A/2 shifts the RF spin echo by A. For simplicity, 
slice-selection and phase-encoding gradient waveforms are omitted. 



the RF pulse either advanced or delayed by A/2 = l/(4/ cs ). To be defin- 
ite, we assume the RF pulse is advanced as in Figure 17.22. An alternative 
design for the delayed case is to keep the refocusing pulse fixed and delay the 
readout gradient waveforms by A; however, this increases minimum TE and 
minimum sequence time, which can reduce the number of slice locations that 
can be acquired per unit time. 

In the first image (called the in-phase image), fat and water magnetization 
are in phase at the k x — point of the readout. In the second image (called the 
opposed-phase image or out-of-phase image), fat and water magnetization are 
180° out of phase at the k x = point (Figure 17.23a). Because image contrast 
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FIGURE 17.23 (a) Fat and water magnetization within a voxel for the in-phase image 
/o, opposed-phase image I\ , and combined images assuming no Bo inhomogeneity or 
magnetic susceptibility perturbation. The water magnetization is exactly on-resonance. 
The net magnetization within the voxel for Iq and I\ is the vector sum of the fat and 
water vectors. The magnetization in the combined images correctly estimates the fat 
and water magnetizations, (b) Fat and water magnetizations within a voxel assuming 
that Bq inhomogeneity produces a 90° phase shift between the in-phase and opposed- 
phase images. The magnetization has the same magnitude in the resulting combined 
images, overestimating fat and underestimating water in this 2PD example. 



0, the 



(17.51) 



is heavily determined by the peak signal amplitude that occurs at k x - 
resulting complex images Iq and I\ are approximately given by: 

/ = W + F 

I X = W-F 

where W and F are real, nonnegative, and proportional to the amount of water 
and fat magnetization in each voxel, respectively. Equation (17.51) ignores 
additional image weighting from 7 2 * relaxation, diffusion, and flow and from 
other phase shifts that could arise from hardware group delays, eddy currents, 
and B\ receive-field nonuniformity. We have also ignored the water-fat chem- 
ical shift separation in both the slice and readout directions in Eq. (17.51). 
Separate images of the water and fat magnetization can be reconstructed from: 



W = -(/ + /i) 

1 (17.52) 

F = -(lo-h) 

The water image W can be used as a fat suppressed image, whereas W and 
F separately provide information about the relative water and fat contents of 
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FIGURE 17.24 2PD gradient echo pulse sequence. The readout gradient waveform 
and echo that produce the in-phase image are solid lines; the gradient waveform and 
echo that produce the opposed-phase are dashed lines. For simplicity, slice-selection 
and phase-encoding gradient waveforms are omitted. 



The in-phase and opposed-phase images can be acquired in two separate 
scans or as different echoes in one dual-echo scan. These options are discussed 
in more detail in subsection 17.3.4. 

It is convenient to label the images acquired in Dixon acquisitions 
according to the relative water-fat phase shifts (in radians) at k x — 0. In this 
nomenclature, the original Dixon method is denoted as a (0, n) acquisition. In 
later subsections, generalizations using additional acquisitions and different 
phase angle combinations are discussed. 

Instead of an RF spin echo, a gradient echo can be used for 2PD 
(Figure 17.24). For the gradient echo case, the readout gradient waveform is 
shifted by A from the desired TE. For the in-phase and opposed-phase images, 
the readout waveforms therefore have a relative shift A = l/(2/ cs ). 

Example 17.3 (a) For a RF spin echo 2PD acquisition, what is A at 1 .5 T for 
the opposed-phase image, assuming / cs = 2 1 Hz? How much is the refocusing 
pulse shifted for this case? If the gradient waveforms are shifted instead of the 
refocusing pulse, what is the required time shift? (b) For a gradient echo 2PD 
acquisition, what are the minimum echo times that can be prescribed to give 
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in-phase and opposed-phase images, assuming that neither the duration of the 
gradient nor the RF waveform limits the echo times? 



(a) A = 1/(2 x 210 Hz) = 2.38 ms. The refocusing pulse is shifted by 
A/2, which is 1.19ms. Equivalently, the readout gradient waveforms 
can be shifted by 2.38 ms. 

(b) The minimum echo times are TE = l/(210Hz) = 4.76ms for the 
in-phase and 1/(2 x 210 Hz) = 2.38 ms for the opposed phase image. 
Finally, keep in mind that the lipid resonance is broad, so that no 
single value such as / cs = 2 10 Hz completely describes the physical 
situation. 



The main problem with the 2PD technique is that the assumption of perfect 
Bq homogeneity and negligible susceptibility is never valid. With a main mag- 
netic field shift A So, fat and water have accumulated an additional phase shift 
A<p = y(ABo)A at the k x = point in /] . Although fat and water spin iso- 
chromats in any given voxel are still anti-parallel in the opposed-phase image 
they might no longer be parallel or anti-parallel to the fat and water spins in the 
in-phase image (Figure 17.23b). Therefore the added and subtracted images 
in Eq. (17.52) contain admixtures of both fat and water. 

An imperfect but workable solution is to use the magnitudes of / and I\ 
in Eq. (17.52). Although taking the magnitudes eliminates any relative phase 
shift between Iq and I\ , it can result in fat and water being interchanged, that 
is, the fat signal being assigned to the water image and viceversa. For example, 
suppose we use the estimates W = (\I \ + \I\\)/2 and F = (|/ | - |/i|)/2, 
based on Eq. (17.52). Then, because |/ | + |/j| > ||/ | - |/i||, the resulting 
water image will always be brighter than the fat image. This is correct unless 
in reality F > W, in which case fat and water are interchanged in W and F. 
To prevent this problem when magnitude images are used in 2PD, Eq. (17.51) 
is first written as: 

W + F = \I \ 

(17.53) 
W-F = p\I ] \ 



+ 1 W * F (17.54) 

-1 W < F v ' 
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is a binary sign factor that indicates whether fat or water is dominant within 
the voxel. The solution of Eq. (17.53) is: 

W = U\Io\ + p\h\) 

(17.55) 
F = -(\Io\ - P\Ii\) 

Because the water and fat proportions are generally unknown a priori the 
correct determination of p can be difficult. This task is considered next. 

Extended Two-Point Dixon Method Extended 2PD attempts to address 
the Bo homogeneity problem. We first consider a more general model that 
takes into account the phase errors that are ignored in Eq. (17.51): 

I = (W + F)e i,t>0 

(17.56) 
I l= (W- F)e ,(4H)+4,) 

where W and F are again the water and fat magnetization in a given voxel 
(assumed to be real and nonnegative) and: 

<t> = y(Afi )A (17.57) 

is the phase accumulated because of the Bq inhomogeneity ABq during the 
echo shift A. Because W and F are real, all other phase errors are included 
in </>o, which is a voxel-dependent phase that is the same for both images. 
For spin echo images, <po is affected by gradient and receive chain group 
delays, eddy currents, concomitant fields, and the receive field B\ phase. For 
gradient echo images, (po includes the previous factors and also the phase 
accumulated from Bq inhomogeneity during the echo time of the in-phase 
scan. Note that Eq. (17.56) has four unknown quantities (W, F, <j>, and </> ) 
and four independent equations (the magnitude and phase of Iq and I\ ) and is 
thus, in principle, exactly solvable. 

To solve Eq. (17.56), we first eliminate </>o using: 

\I \ = W + F 

/ = /!<>-'*> = ±± = {W - F)e"t> 
MO I 

Next we need to eliminate <j>, but simply calculating the phase of I' x will not 
work because the phase ofW-F could be either or n (i.e., the sign of W - F 
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could be either +1 or - 1) and is not known in general. However, squaring /( 
eliminates the sign of W — F: 

(I[) 2 = \w-F^e i2 * (17.59) 

We can sometimes determine 4> by taking one-half of the phase of (7,') 2 and 
eliminating it from /{ . Unfortunately because of phase wrapping, the direct 
use of the real and imaginary parts of (/[) 2 to obtain 2<p does not necessarily 
give an accurate phase correction of /[. We can see this from: 



■» 



if phase wrapping is present (see Section 13.5). An accurate determination of 
the phase of a 2D or 3D complex data set in the presence of both noise and 
phase wrapping is a difficult problem, and a complete discussion is beyond 
the scope of this book. Some of the methods that have been used in Dixon 
processing are discussed in subsection 17.3.3. For now we assume that 2<p can 
be accurately determined from (I[) 2 and 4> subsequently is removed from /[. 
We then have: 

W + F=\h\ 

W -F = l[e~ l * = p\h\ 

where for convenience we have reintroduced the sign factor p defined in 
Eq. (17.54). The solution of Eq. (17.61) is now given by Eq. (17.55), where p 
is determined by the sign of I[e~'^. Note that the phase I[e~ i<l> is either or n, 
depending on the sign of W - F (sign of p). When moving from a pixel that 
predominantly contains water to one that predominantly contains fat, the phase 
of l[e-' 1 ^ flips from to n (p flips from +1 to -1). From Eq. (17.55), this 
interchanges the assignment of | /o | + 1 1\ | and | Iq I - 1 h I in water and fat images. 
To maintain a more continuous image appearance, it can be advantageous to 
use a continuous approximation of p (Glover and Schneider 1991): 

p c= cos(Z(/ 1 V^)) = Re( ^ | "" ) (17.62) 

where Z(z) denotes the phase of the complex variable z- Note that p c = p 
when A{I[e~ 1 ^) is either or n, but p c also varies continuously between +1 
and —1 if Z(I' ] e~" l> ) deviates from these ideal values due to noise or errors in 



866 CHAPTER 1 7 Advanced Pulse Sequence Techniques 

the determination of </>. The final water and fat images for extended 2PD are 
given by: 

W = ^(|/ | + Pc|/ll) 

1 (17.63) 

F -= ^(\Io\ ~ Pc\h\) 

Extended 2PD works well except in regions near water/fat boundaries 
where W ~ F and I\ therefore has low signal intensity (Skinner and Glover 
1997; Coombs et al. 1997) The main problem with extended 2PD is that in 
these low signal areas, noise in I\ can cause errors in the estimate of </>, which 
changes L(l[e~ 1 ^) and causes the interchanged assignment of water and fat 
components. Another difficulty with extended 2PD is incomplete lipid suppres- 
sion in the water image related to the fact that the two echoes have different 
amplitudes. These problems are alleviated by 3PD, which is considered in the 
next subsection. 

We note that other definitions of p c are possible (Chen et al. 1999) such as: 



--H c \ 



S (Z (/{*-''*))) (17.64) 



H c (x)= j° -2 <x < 2 (17.65) 

l-i -i<*<4 

Equation (17.64) gives W = F = |/o|/2 for pixels that are likely to have an 
erroneous estimate of <p because £(I' l e~" 1 ') deviates substantially from or n. 
The SNR in Dixon water and fat images can be calculated using the 
methods shown in Glover and Schneider (1991). Because Dixon's method 
uses multiple acquisitions, the SNR is generally higher than for conventional 
scans that do not signal-average. In Dixon's method, SNR is conveniently 
characterized by the effective number of signal averages (ENSA), the number 
of excitations or NEX that would give the equivalent SNR with a conventional 
scan. For extended 2PD, ENSA = 2 and the additional acquisition time is 
completely applied toward SNR improvement. As we see later, this is not true 
for some Dixon phase-angle choices or reconstruction methods. 

17.3.2 Three-Point Dixon 

Basic Three-Point Dixon Method In 3PD, images are collected at each of 
three different echo shifts A. The early 3PD work used (0, n, -n) phase angles 
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to obtain one in-phase and two opposed-phase images (Glover and Schneider 
1991). The phase difference between the two opposed-phase images is due 
to Bo inhomogeneity, and they are used to compute (p. The (p map is used 
to remove the Bq inhomogeneity phase shift from one of the opposed-phase 
images and thereby determine the dominant species for each pixel (i.e., whether 
W > F, or vice versa). The magnitude in-phase and opposed-phase images 
are then combined as in to 2PD and extended 2PD. This approach has some of 
the same problems as the extended 2PD method because </> is estimated from 
opposed-phase images. For voxels with nearly equal amounts of fat and water, 
the signal in the two opposed-phase images is low and a reliable estimate of 
4> becomes difficult, causing incorrect water and fat assignments. 3PD with 
(0, n, -n) phase shifts is still advantageous over the original 2PD method 
because So inhomogeneity is taken into account and is advantageous over 
extended 2PD because of a better SNR. 

An improved 3PD uses choices for A that give (0, n, 2n) phase angles 
(Glover 1991; Chen et al. 1999). Water and fat are in-phase for the A = and 
2n images, which are used to calculate <j>. Because there is no water-fat cancel- 
lation on these images, the signal is higher than for an opposed-phase image, 
so the estimate of <p is more reliable. The opposed-phase image is the same as 
in the original 2PD method. The 4> map is then used to remove the Bq inhomo- 
geneity phase shift from the opposed-phase image and thereby determine the 
relative water-fat admixture for each pixel, as is done with extended 2PD. The 
magnitude in-phase and opposed-phase images are combined to calculate fat 
and water images. 

The images for the (0, n, 2n) 3PD acquisitions are: 

/o = (W + F)e ; * 1 



i 2 = (w + Fy' ( *> +2 * ) 

There are still four unknown quantities but now we have six equations 
constrained by: 

lIo + lh = ^2h (17-67) 

Equation (17.66) is therefore overdetermined, and two solutions exist that can 
be combined for an improved SNR. The solution presented next is valid for 
either spin echo or gradient echo images. A slightly different solution valid 
only for the gradient echo case is given in Wang et al. (1998). As before, 
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we solve Eq. (17.66) by first removing <po: 

Io = \h\ = W + F 

/,' = he''* — ' ° — (W - F)e i<f> 

y i lie ~ [/ | - (VV t)e (17.68) 

|/ol 

Next 2<p is obtained from 1' 2 . Using 1' 2 instead of /[ to determine <p avoids the 
problem of low signal due to the partial cancellation of W and F encountered 
in 2PD. Once the phase (p is removed from /[ and I' 2 : 

W + F = |/ | 

W - F = I[e- i 1 > = p\Ii\ (17.69) 

W + F = \I 2 \ 

There are two solutions, and we could use either the first or third line of 
Eq. (17.69) as the estimate of W + F. For an improved SNR we combine the 
two, either as an algebraic or geometric mean: W + F = (|/n| + (/2D/2 or 
W + F — \f\Io\\h\. Either way gives approximately the same SNR. Note 
that in the absence of noise, and ignoring echo amplitude differences, they are 
equivalent because |/ | = |/ 2 | and VV0II/2I = (I A) I + \h\)/2.) We use: 

W + F = ^^ ,,7.70) 

W - F = p\I\\ = lie-'* 

We finally obtain the solution: 



W = ^(y\h\\h\ + Pc\Ii\) 

F = \(V\l0\\l2\-pc\h\) 



As with the extended 2PD case, we have replaced p with p c , defined either as 
in Eq. (17.62) or (17.64). 

Three-Point Dixon including Echo Amplitude Modulation Because 
Eq. (17.66) contains six equations (three for amplitude and three for phase) 
with the constraint in Eq. (17.67), we can determine five unknowns. In this case, 
we determine W, F, 4>, and 0o and an additional piece of information about 
the echo amplitudes. Following the treatment in Glover (1991), we start with 
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a more general analysis than in the previous subsection, taking into account 
echo amplitude factors that have been previously ignored. The 3PD images 
are described by: 



I = (A W0 W + A F0 F)e' 
/, = (AwiW - A Fl F)e' 
h = (A W2 W + A F2 F)e j 



(<Po+4>) 
(00+20) 



where the factors Aj in Eq. (17.72) describe the amplitude attenuation of the 
echoes that arises from three sources: diffusion, T 2 * decay, and spectral broad- 
ening. Diffusion attenuation occurs when water molecules diffuse through 
local magnetic field susceptibility gradients. The resulting phase dispersion 
within a voxel results in signal cancellation. T 2 * decay is also caused by local 
magnetic field susceptibility gradients that vary over the extent of a voxel. Even 
relatively static spins experience dephasing and intravoxel signal cancelation. 
Spectral broadening refers to the fact that the spectra of the water and lipid 
components are not delta functions as implicitly assumed. The width of the 
water spectrum is determined by T 2 for the water component, whereas the 
lipid spectrum is not a simple peak and has several overlapping resonances. 
The intravoxel dephasing caused by the multiple lipid resonances effectively 
results in a shorter T 2 for the lipid component as a whole. 

In general, all the Aj are different. To solve Eqs. (17.72) we must make 
some simplifying assumptions that reduce the set of Aj to one unknown. 
Amplitude loss from diffusion can generally be ignored (Glover 1991). In the 
spin echo case, the spectral broadening and susceptibility dephasing effects 
are described by the amplitude factor e~ TE ^ T2 e~^ A ^ T 2(j = 0, 1, 2) where 
T 2 is the field inhomogeneity loss component of T 2 * (see Example 14.5). The 
amplitude factor e~ TE ^ Tl is the same for all three images, but is different for 
fat and water because of different spectral broadening. The amplitude factor 
£-;|A|/r 2 j s j^g same f or f at anc j wat£I - 5 b u t j s different for the three images. In 
this section, we assume that the difference in spectral broadening between fat 
and water is negligible so that the amplitude factor e~ TE ^ Tl can be ignored. 
(Alternatively we can think of the spectral broadening amplitude differences 
as simply being absorbed into the definitions of F and W.) This allows the 
following simplification of Eqs. (17.72): 

I = (W + F)e 1 ^ 

/, = (W - F)Ae i(4 ' ( > + ' t,) (17.73) 

I 2 = (W + /r)Ay (0o+20) 

where A — e~^ A ^ T 2. A similar simplification can be made for the gradient 
echo case. 



(17.74) 
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To solve Eqs. (17.73), <po is eliminated as before using: 

/o = |/ol = W + F 

/.' = /! <?-''*» = hh. = (w- F)Ae i(p 
1 l/ol 

/' = / 2 e-''*> = ^0 = (W + F)A 2 e i24> 

|/ol 

The phase factor <f> can now be obtained from the phase of / 2 and then 
eliminated from /,' and Ii: 



= Pl/il 



The amplitude A is a susceptibility dephasing map and is useful for some 
applications such as blood oxygenation level-dependent (BOLD) brain func- 
tional imaging, the determination of iron concentration, or the assessment of 
trabecular bone structure. See, for example, Ma et al. (1997). The resulting 
equations: 

W + F = \I \ 

I[e-"f _p\I ] | (17-77) 









W + F = \I \ 










(W-F)A = i 


!{e~ i4 








(W + F)A 2 = 


\h\ 


We 


can now 


obtain A 


using: 

A = 


[\h\ 
/|/ol 



W-F = 



yield 



(17.78) 

,-l(,„-^!) 

where we have again replaced p with p c . If we do not remove the amp- 
litude A from the fat and water images, then using Eqs. (17.76) and (17.78) 
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the solution is: 



\(V\h\\h\ + Pc\h\) 



which is the same as Eq. (17.71). The equivalence ofEq.( 17.71) and Eq. (17.79) 
shows that, under our assumptions, ignoring amplitude effects simply results 
in a multiplicative error in both water and fat components. This error is usually 
not serious and can be ignored. In fact, Eq. (17.78) has ENS A <2 (no better 
than the 2PD case), whereas Eq. (17.79) has ENS A = 2.67 (Glover 1991). 
Thus, there is a SNR penalty for the amplitude correction, and it is best avoided 
unless there is a specific need to compute A for the application of interest. 

We now return briefly to 2PD and consider the effect of amplitude mod- 
ulation. 2PD acquisitions do not have enough information to correct both the 
amplitude modulation A and Bq inhomogeneity. Because the latter leads to 
more severe problems, amplitude modulation is usually not corrected with 
2PD. We can understand the impact by considering the first two lines of 
Eq. (17.73), which are the same as the extended 2PD case, except now they 
include amplitude modulation. Eliminating </>o and <j> as before yields the first 
two lines of Eq. (17.75). Substituting |/ | and p\I\ | from the first two lines of 
Eq. (17.75) into the 2PD solution in Eq. (17.55) results in: 

(|/ol + P\h I) = W(l + A) + F(l - A) 
(\h\-p\I\\) = W(\-A) + F(l + A) 

If A = 1, Eq. (17.80) reduces to Eq. (17.55), giving the correct values of 
water and fat. However, normally A < 1, resulting in the misrepresentation 
of water and fat in the two images. The water signal is slightly reduced in 
the water image, but, more important, spurious fat signal is also introduced, 
making the water image less useful as a fat-suppressed image. This problem is 
alleviated by using 3PD because the amplitude modulation cancels when the 
two in-phase echoes are combined, eliminating the water-fat mixing even when 
amplitude correction is omitted (Eq. 17.79). Using a (n, 2n), 2PD acquisition 
also reduces the lipid contamination in the water image (Coombs et al. 1997). 
Ideally we would like ENSA = 3 for 3PD to get the full benefit of the 
additional acquisition time. For phase angles (0, 6, 29), the effective number 
of signal averages reaches its maximum value of ENSA = 3 when the three 
acquisitions are uniformly distributed around the circumference of a circle, 
that is, when 9 = 2n/3 (Glover 1991). For the phase choices (0, n, -n) or 
(0, n, In), ENSA = 2.67. Even though there is a slight SNR advantage to 
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the uniform phase distribution (0, 2jt/3, 4n/3), two of the images can have a 
partial cancelation of fat and water. Thus, <p is always calculated from voxels 
that can have a low signal near water-fat boundaries because of the cancela- 
tion. The phase-angle choice for Dixon methods therefore involves a trade-off 
between the SNR and artifacts from errors in the phase determination. 

Direct Phase Encoding A generalization of 3PD, termed direct phase 
encoding (DPE) (Xiang and An 1997) uses the phase angle combination 
(0n, 0o+0, 00+20). (Note that should be distinguished from the flip angle of 
RF pulses used in other sections of the book.) Ignoring amplitude modulation, 
the DPE images are: 

/ = (W + e w ° F)e 1 ^ 

I l= (W + e i(9o+e) F)e i(4 ' 0+ ' i>) (17.81) 

I 2 = (W + e '^o+ 2e >F)e' ((t " )+2 ' t ' ) 

The name DPE comes from an analogy with spatial phase encoding because the 
water and fat amplitudes are encoded into the DPE images through the phase 
angle combination (0 O , 0o + 0, 0o + 20). Let X and Y be complex variables 
given by: 

X = We'^ 0+ ^ 

(17.82) 
Y = e '(Oo+0) Fe i^ +4>) 

Equations (17.81) and (17.82) can be solved for X and Y. The fat and water 
components are then simply the magnitudes of X and Y for each voxel. The 
solution for X and Y is 



(17.83) 



_ vV 8 + l) 2 - 4e w I I 2 



The sign choice in Eq. (17.83) is ambiguous because of uncertainty about the 
absolute phase of X and Y. However, as long as O + ^ 0, ±n, ±2n, . . . 
(i.e. e l( - e ° +e ' > ^ ±1), an unambiguous sign choice is possible without direct 
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-A//2 +A//2 





FIGURE 17.25 Direct phase encoding 3PD with phase angles (0 , 6 + 6,0 O + 26). 

(a) The correct sign in Eq. (17.83) to determine X and Y is ambiguous in general. 

(b) When 8o+9 ^ 0, ±n, ±2tc, . . . , the correct sign can be chosen based on the phase 
relationship between X and Y. (c-d) When X and Fare parallel or anti-parallel (9q+6 = 
jt in this example), either sign choice is consistent and the ambiguity must be resolved 
by determining the absolute phase of X and Y (thereby requiring phase unwrapping). 



determination of the absolute phase of X and Y. (Note also that the constraint 
9^0, ±2jt, ... is required or else the denominator in Eq. (17.84) becomes 
zero.) From Eq. (17.82), the relative angle between the vector representations 
of the complex numbers X and Y is known tobe.Oo + 0, and this is determined 
by the pulse sequence. The correct sign choice in Eq. (17.83) is therefore the 
one that is consistent with a relative angle of #o +0. As long as X and Y are not 
. parallel or anti-parallel, the sign can be correctly determined (Figure 17.25a 
and b). When X and Y are parallel or anti-parallel, either sign choice is con- 
sistent and the absolute phase of X and Y must be determined to establish the 
correct sign (Figure 17.25c and d). Thus, for + 6 ^ 0, ±n, ±2jt, . . . , the 
phase unwrapping problems associated with the 3PD phase choice (0, jt, 2jt) 
are cleverly avoided. 

Although phase-wrapping problems are avoided with this method, sev- 
eral additional countermeasures must still be taken to prevent the occasional 
interchange of fat and water signals. Voxels where one component is much 
smaller than the other can be difficult to assign correctly. If either X or Y has 
a much smaller magnitude than the other does (e.g., less than 10%), then the 
voxel may actually have only one true component and the other component is 
due to noise. The dominant component is likely to be water because voxels 
containing 100% fat are not expected to be present in living tissues (Xiang and 
An 1997). The longer vector is assigned as water in this case. 
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To further prevent the interchange of water and fat assignment, an elaborate 
set of local and global orientation filters are used in this technique (Xiang and 
An 1997). The filters are based on the assumption that the phase factor e'^o+4>) 
in X and Y is expected to be slowly varying. An orientation field O, defined 
as O = X + Ye-' (9 ° +e \ ideally has phase £?''<*>+*> (see Eq. 17.82). The local 
orientation filter compares the orientation field for a voxel to that of its filtered 
neighbors (e.g., using a5x5or7x7 filter) and swaps X and Y for the voxel 
if necessary to get better agreement. The global orientation filter computes 
the orientation field at each voxel by repeated region growing from randomly 
distributed seed voxels. The values of X and Y are swapped for the voxel if it 
results in a better agreement with the majority of the grown results. A complete 
discussion of the orientation filters is found in Xiang and An (1997). A similar 
orientation filter has been used for phase correction in phase sensitive inversion 
recovery (Section 14.2). 

Once X and Y are determined for the voxel, Eq. (17.81) can be used to 
determine the phase factors <?'*° and <?'*, which can then be eliminated from 
the equations. Equation (17.81) can be solved again and the resulting multiple 
solutions for W and F combined for a better SNR. 

The optimal choice for #o and involves a trade-off between the SNR and 
solution stability (i.e., the immunity from interchange of water and fat). As 
mentioned before, the SNR is maximal (ENSA = 3) for 6 = 27r/3. However, 
as in the original 3PD case, a more stable solution is obtained when 6 = it . In 
addition, the correct determination of the sign in Eq. (17.83) is most probable 
when 6q + 9 = ±jt/2 (i.e., when X and Y are orthogonal). Thus, the phase 
choices (-37T/2, —n/2, n/2) and {-n/2, n/2, 3n/2) are optimal for solution 
stability while giving ENSA = 2.67, which is close to the maximal SNR case. 

Correction for Chemical Shift Misregistration Once the water and fat 
images have been separately determined, the chemical shift of water and fat in 
the readout direction for Cartesian k-space trajectories can be eliminated. The 
water-fat chemical shift in pixels is: 

Ax - -j^ (17.85) 

where ±Av is the readout bandwidth and N x is the image matrix size in the 
readout direction. One of the two component images (water or fat) can be 
shifted in the readout direction by Ax by Fourier transforming the image in 
that direction, multiplying the image by the appropriate linear phase ramp, and 
Fourier transforming it back to the image domain. If the fat image is shifted, 
for example, it can then be added to the water image to obtain a completely 
registered image showing both water and fat components. The cancelation of 
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water and fat signals due to intravoxel dephasing is eliminated in the resulting 
composite image with all Dixon methods. As previously noted, however, some 
methods are more prone to interchange of the water and fat signals. Unfortu- 
nately, the resulting SNR efficiency of the composite image is rather poor. For 
small shifts with the (0, n, 2n) or (0, n, -n) 3PD methods, ENSA = 1.33 
(Glover 1991). In summary, 3PD can offer images without the chemical shift 
artifact in the frequency direction, but at a substantial SNR cost. 



17.3.3 Phase Determination Methods 

The determination of the phase of noisy 2D or 3D complex data is a prob- 
lem that has arisen in many fields. A completely satisfactory solution for all 
applications is still not available, prompting the continuing development of 
new methods. Some methods calculate the phase using the arctangent opera- 
tion and then attempt to remove the phase wraps. Other methods do not use 
phase unwrapping and determine the phase either directly or indirectly using 
consistency criteria, for example with the orientation filters discussed in sub- 
section 17.3.2 or the interecho phase consistency used in Wang et al. (1998). 
Most phase determination methods use some simplifying assumption about 
the phase behavior. If that assumption is violated, the phase is incorrectly 
calculated, resulting in incorrect estimates of the fat and water signals. Such 
errors are most common when the phase estimate is very noisy due to low sig- 
nal amplitude. Problems with the robustness of phase unwrapping algorithms 
have slowed the introduction of Dixon techniques into routine clinical practice. 

A brief description of two methods that have been reported in the literature 
with Dixon processing is presented here. These two methods are applicable 
to both gradient echo and spin echo acquisitions. Both methods are described 
with reference to 3PD, although they can also be used with 2PD data. For 
simplicity, the following discussion is based on 2D acquisition, although the 
methods can also be extended to 3D. 



Polynomial Fitting This method assumes that <p varies slowly over the 
image (not including the background noise in air) and can be described by a 
relatively low-order polynomial such as a quadratic or cubic, for example: 

2<p = ax + bx 2 + cy + dy 2 + exy + f (17.86) 

where 20 is the phase of 1' 2 in Eq. (17.68), x and y are coordinates on the 
2D image plane, and a, b, c, d, e, and / are coefficients to be determined by 
fitting. Suppose an arctangent is used to calculate 2<p, resulting in a wrapped 
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estimate (2<j>) w : 

(20) w = arctan [£^1 (17.87) 

|_Re(/^)J 

In Eq. (17.87), a four-quadrant arctangent (denned in Section 13.5) is used 
to minimize phase wraps. Phase wrapping precludes fitting (2</>) w directly 
to Eq. (17.86). If the derivative of (2<f>) w is taken in the x and y directions, 
the phase wraps, which are discontinuities in (20) w , appear as spikes in the 
derivative and are easily detected using a threshold. The derivatives can then be 
fit to the appropriate x and y derivatives of the polynomial in Eq. (17.86) while 
excluding the phase wrap points from the fit. For example, 3(2</>) w /3x and 
3(20) w /3y (excluding wrapped points) are fit toa+2bx+ey and c+2dy +ex, 
respectively, giving estimates ofa,b, c, d, and e (f can be defined as the mean 
of (20) w ). Subtracting a + 2bx + ey from 3(2</>) w /3x and c + 2dy + ex from 
3 (2</>) w /3y gives new data that can be thresholded to further exclude noisy data 
from the fit. The process can be iterated to give improved estimates of a , b, c, d, 
e, and /. Once the polynomial in Eq. ( 1 7.86) is determined, it is subtracted from 
(20) w . Phase wraps in the difference (20) w - (ax +bx 2 +cy + dy 2 + exy + /) 
now appear as discontinuities that are multiples of 2n . The phase wrapping can 
be detected by another threshold process and removed by shifting the difference 
by the nearest correct multiple of 2n. Once the data have been shifted, the 
polynomial in Eq. (17.86) is added back to obtain the unwrapped final phase 
2(f). More details of this method can be found in Glover and Schneider (1991) 
and Chen etal. (1999). 

One possible drawback with this method is poor unwrapping in regions 
where the phase varies rapidly due to local susceptibility changes. In such 
areas, the assumption of low-order phase variation (Eq. 17.86) is likely to 
be violated. The problem is alleviated by iterating the fitting as discussed in 
Chen et al. (1999), but if the phase wraps multiple times within a single voxel, 
no unwrapping method will be effective. The phase unwrapping algorithm 
described in this subsection is frequently used for phase-contrast image data 
to extract quantitative flow information (see Section 15.2). That application is 
much less demanding than 3PD, however, when the spatial region that needs 
to be unwrapped is limited to a small operator-placed region of interest that 
covers only a single vessel. 

Region Growing In this method, a four-quadrant arctangent is also used 
to calculate 2<p (Eq. 17.87), resulting in a wrapped estimate (2<p) w . A region 
of unwrapped pixels and a set of pixels to have their neighbors tested for 
phase wrapping are maintained. It is assumed that nearest neighbor pixels 
have at most one phase wrap. First, a threshold is applied to the image to 
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FIGURE 17.26 Phase unwrapping by region growing, (a) Starting seed pixel (dark) 
and the four nearest neighbors (gray) being tested for phase wraps, (b) After unwrap- 
ping, the nearest neighbors of the seed pixel are added to the region of unwrapped 
pixels (diagonal hatched lines). Each of the unwrapped pixels is used as a new 
seed pixel (dark) and tested against neighbors (gray). 



eliminate regions of low signal intensity (e.g., regions where the magnitude 
image is less 10% of its maximum are eliminated). A seed pixel in a region 
of high signal is taken as the starting point. The four nearest neighbor pixels 
are unwrapped (Figure 17.26) by first testing whether the absolute value of 
the difference exceeds a threshold A£ (e.g. A£ ~ n/S). Only neighbor pixels 
with magnitudes above the threshold are tested. If the difference is less than 
A£, the neighbor pixel phase is not changed and the neighbor is added to the 
region of unwrapped pixels and to the set to pixels to have their neighbors tested. 
Otherwise, the neighbor phase is shifted by lit in the appropriate direction and 
the new difference is checked against the threshold A§. If the new difference is 
greater than A§, the original neighbor pixel phase is maintained and the pixel 
is not added to the unwrapped region or set of pixels to check. Neighbor pixels 
that are already in the unwrapped region are not added to the set for testing. 
The process ends when there are no more pixels on the stack to be tested. 
This method is summarized in Figure 17.27 and described in more detail in 
Szumowski et al. (1994). 

One possible problem with this method is wrapping by more than one 
multiple of 2tt in regions of high susceptibility. Another possible drawback is 
that areas of low signal will not be unwrapped because of the initial amplitude 
thresholding, which could lead to isolated islands of unwrapped pixels. An 
example of this situation can be found in images consisting of multiple uncon- 
nected regions, such as an axial abdomen image with arms in the FOV. This 
problem can be alleviated by running the algorithm multiple times with seed 




FIGURE 17.27 Flow chart showing a simple region growing phase unwrapping algorithm. NN, nearest neighbor voxel; fi , a threshold 
to exclude points with low signal amplitude; Acj>, the difference in wrapped phase (2$) w between adjacent voxels; tj_ = A§ , a threshold 
to detect phase-wrapped pixels. 
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points in different locations. Other types of region growing methods are pos- 
sible. Two more variations are described in Zhang et al. (1996) and Akkerman 
and Mass (1995). 

Other Methods A method for determining <p that works for (0, jr, 2n) 
gradient echo acquisitions based on consistency of the phase between the 
in-phase images is given in Wang et al. (1998). This method does not require 
phase unwrapping, but requires that the absolute value of the phase in the first 
in-phase image be less than 270°. 

Another method that is very general solves the Poisson equation: 

V 2 = V • (Wrap[V^r]) (17.88) 

where <f> is the true phase, ifr is the wrapped phase, and Wrap is the phase- 
wrapping operator, defined by: 

f = Wrap[<£] = <p + Ink (17.89) 

for some integer k such that -it < rj/ < n (Song et al. 1995). This method 
has also been used extensively in published 3PD work. Song et al. (1995) also 
has citations for numerous other phase-unwrapping methods. 

A review of the MRI phase-unwrapping problem along with a general dis- 
cussion of some mathematical properties of phase maps and literature citations 
of phase-unwrapping methods is given in Chavez et al. (2002). This reference 
also presents an unwrapping method based on the presence of dipoles within 
the phase map. (Dipoles are 2 x 2 pixel loops around which the phase is 
inconsistent.) 



17.3.4 Pulse Sequence Enhancements and Variations 

Single-Point Dixon The underlying idea of the single-point Dixon 
method is to acquire a single scan, either gradient echo or RF spin echo, 
with a water-fat phase shift of n/2. If there were no other phase shifts present, 
water would correspond to one component of the complex data (the real part 
for example) and fat would correspond to the other component (Paltiel and 
Ban 1985; Patrick and Haacke 1985). Instead, the phase errors discussed in 
previous subsections cause the real and imaginary components to be mixtures 
of water and fat. The image is given by: 

I = (W + iF)J*° (17.90) 

There is not enough information in a single scan to remove <j>o because there 
are three unknown variables (W, F, and </>o) and two equations (the magnitude 
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and phase of / represent two independent equations). This can be especially 
problematic for gradient echoes in which Bq inhomogeneity creates a large 
contribution to </>o due to phase accumulation during the entire echo time (for 
spin echoes, the Bq inhomogeneity accumulates net phase only during the 
echo shift A). Fitting the image phase to a low-frequency polynomial in order 
to estimate <po has met with some success (Hajal and Young 1995). So far, 
however, this technique has not been used very much clinically. 

Four-Point Dixon With four acquisitions, additional information about 
the echo amplitude modulation can be obtained and used (Glover 1991). 
Amplitude loss from fat spectral broadening as well as susceptibility dephas- 
ing can be included. A four-point phase increment method (0, 0, 28, 30) has 
an optimal SNR when 8 = n/4, but the equations are difficult to solve. The 
equations for a simpler 4PD method using 6 = n can be written: 

I = (W + F)e 1 ^ 

I x = (WA W - FA F y ( * )+ * ) 

(17.91) 
/ 2 = (WA W + FAl)e l{4,0+2,p) 

7 3 = (WA W - FAly^+W 

where Aw and A F are echo amplitude exponential decay factors for water 
and fat, respectively. Both Aw and A F include signal loss from susceptibility 
dephasing as well as spectral broadening. For the special case: 

A w % 1 - £w 

(17.92) 
A F % 1 - e F 

with £w <£ 1 and e F <g 1 Eq. (17.91) can be solved to obtain W, F, Aw, and 
A F (Glover 1991). The solution for W and F has ENS A = 1.14, although 
ENSA = 4 for A w and A F . The low ENSA for W and F is due to the 
nonoptimal choice of phase increment 6 = n. 

Multiple Spectral Components — Water, Fat and Silicone Imaging Sili- 
cone implant rupture and leakage are potential problems with patients who 
have had reconstructive or cosmetic surgery (e.g., for the breast). At 1.5 T, 
the silicone resonance frequency is only approximately 105 Hz below that of 
lipid. This small difference makes the selective excitation of silicone or sup- 
pression of fat using spectrally selective RF pulses difficult. The discrimination 
of silicone from fat can be achieved with an extension of 3PD that exploits 
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the fortuitous fact that the silicone-lipid frequency difference is approximately 
one-half of the lipid-water frequency difference (Schneider and Chan 1993). 
In this technique, silicone is placed on resonance and a 3PD acquisition with 
phases (0, n, 2tc) is used. However, the echo shift A is calculated for the 
silicone-lipid frequency difference, instead of the lipid-water frequency dif- 
ference; that is, A = 1/(2 x 105 Hz) at 1.5 T for the opposed-phase image. 
This places silicone and fat in phase on the first and third image and out 
of phase on the second image. Because the lipid-water frequency difference 
is approximately 210 Hz at 1.5 T, water and fat are approximately in phase 
(i.e., 0, 27r, and An) on all three images. Processing the data therefore gives a 
silicone-only image and a combined water-fat image, thereby enabling silicone 
detection without fat contamination. 

An extension of DPE called chemical shift imaging with spectrum 
modeling (CSISM) is an efficient method for spectroscopic imaging with 
multiple spectral peaks (An and Xiang 2001). This method assumes that all 
spectral peaks can be modeled as delta functions with known resonance fre- 
quency differences. Images Iq, I\, ..., Ik-\ are acquired with phase shifts 
(0,9,29, ... ,(K - 1)9). A nonlinear system of equations for the complex 
image values as a function of spectral peak amplitudes results for each pixel 
in the image. If N spectral components are present, the system of equations 
can be solved for the spectral amplitudes if2K — l>N+l. For example, 
with N = 3 spectral components, K = 3 separate phase shifts are sufficient 
to solve for the spectral peaks. The algorithm has been successfully applied to 
separating lipid, water, and silicone spectral components. 

A method for dealing with an arbitrary number of spectral components 
with known chemical shifts, but with arbitrary phase angles (0, #i, #2, • ■ ■) 
uses an iterative least-squares method to solve the resulting system of complex 
equations (Reeder et al. 2004). The Bo inhomogeneity phase shift is not expli- 
citly calculated but instead iteratively estimated starting from an initial guess, 
thus avoiding problems with phase unwrapping. This method has been suc- 
cessfully applied to separating lipid, water, and silicone spectral components, 
as well as lipid-water separation with RARE and SSFP where it is advant- 
ageous to use small echo shifts A in order to minimize increases to the echo 
spacing and TR. Another advantage is that the method is easily extendable to 
include multiple receive coils. 

Scan Time Considerations One of the drawbacks of Dixon's method is 
its increased scan time. Although the longer acquisition time also improves 
SNR, misregistration artifacts can result from patient motion. This problem 
can be alleviated by interleaving the acquisition so that data with all desired 
temporal shifts A are acquired at a given Fourier-encoding step before moving 
on to the next one (Wang et al. 1998). 
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Scan time can be reduced by using multiple echoes of an RF spin echo 
pulse sequence with different shifts on the various echoes. The echo shifts could 
be incorporated in several different ways ( Yeung and Kormos 1 986; Williams 
et al. 1989; Szumowski et al. 1995). For example, one acquisition could use 
A = for all echoes, whereas a second one could use A = 1/(2 / cs ) for the 
first echo and A = l// cs for the second echo. One potential problem with 
this method is the introduction of additional amplitude modulation into the 
in-phase and opposed-phase images due to differences in TE. (In Eq. 17.73, 
we assumed that with RF spin echo acquisitions, all echoes were acquired 
with the same TE and the resulting amplitude modulation A came from the 
RF refocusing pulse shift A, i.e., A = e~^ A ^ T 2.) Depending on the TEs of the 
in-phase and opposed-phase echoes, the resulting amplitude modulation could 
introduce substantial mixing of the fat and water signals. 

Another way to reduce scan time in an RF spin echo acquisition is to use 
a train of gradient echoes (also sometimes called sandwich echoes) to acquire 
data with multiple values of A with a single RF excitation (Zhang et al. 1996). 
The gradient echoes can be acquired after one 1 80° RF pulse or with multiple 
180° pulses, like a GRASE pulse sequence (Section 16.2). Figure 17.28 shows 
a (— n, 0, n) acquisition in which the center echo is in-phase and the other 
two are opposed-phase. Because all values of A are acquired within the same 
Fourier-encoding step, problems with patient motion are minimized. The time 




FIGURE 17.28 Dixon's method using a train of three gradient echoes (sandwich 
echoes) with alternating readout polarity. The second echo refocuses at the Hahn or 
RF echo time. The echo spacing A is chosen to give water-fat phase shifts (-n, 0, tt). 
Only the frequency-encoding gradient waveform is shown for simplicity. 
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between adjacent gradient echoes decreases with increasing field strength (e.g., 
adjacent echoes are approximately 7. 1 ms apart at 0.5 T, but only about 2.4 ms 
apart at 1.5 T). Therefore scanners with relatively weak gradient hardware 
may only be able to apply this technique at low field strengths or with very 
low spatial resolution. If sufficient slew rate and amplitude are available, all 
echoes can be collected with the same frequency-encoding gradient polarity, 
otherwise the polarity must alternate, as in EPI. Alternating the readout polar- 
ity causes fat to be chemically shifted in opposite directions in the in-phase 
and opposed-phase images, which must be corrected by resampling (e.g., as 
described in subsection 17.3.2) unless the shift is substantially less than one 
pixel. Another problem with alternating the readout polarity is that RF and 
gradient group delays and eddy currents shift the echoes in the k x direction. 
After time reversal to correct the gradient polarity reversal, the in-phase and 
opposed-phase echoes are misaligned in k-space, giving linear phase shifts 
that are inconsistent between in-phase and opposed-phase images. Correction 
methods similar to those used in EPI are necessary (Section 16.1). 

Perhaps the ultimate use of echo train acquisition to acquire multiple echo 
shifts within one Fourier-encoding step is gradient echo sampling of FID and 
echo (GESFIDE) (Ma et al. 1997). This pulse sequence uses a 90° pulse 
followed by a train of gradient echoes, followed by a 180° pulse and another 
train of gradient echoes (Figure 17.29). The echoes are alternately in-phase 
and opposed-phase. This method was developed to image T2 and 7 2 ', as well 
as water and fat components. The echoes are first processed in groups of three 
to determine water and fat components. For example, in Figure 17.29 twelve 
echoes are collected that are processed in the groups (So, Si , S2), (S2, S3, S4), 
and so on. Each group generates water and fat images, which are then averaged 
to improve the SNR. The T2 and T^ components can be obtained by linear 
regression fitting of the in-phase (for a higher SNR) echo amplitudes before 
and after the refocusing pulse to exponential curves. 

RARE (fast spin echo) has replaced conventional RF spin echo for many 
imaging applications because of its speed. Fat is especially problematic with 
72-weighted RARE because it is brighter than on conventional ^-weighted 
RF spin echo images. If Dixon's method were incorporated into RARE by 
simply time shifting the refocusing pulses by A/2, as with an RF spin echo, 
the CPMG conditions (Section 16.4) would not be met, resulting in signal loss 
and artifacts. 

One alternative is to shift the entire readout gradient waveform by A 
(Szumowski et al. 1995). Unfortunately, this increases the minimum echo spa- 
cing by 2 A . At 1 .5 T, A = 2.4 ms, giving a minimum echo spacing increase of 
approximately 4.8 ms. Depending on the prescription parameters, this could be 
a large fraction of the minimum echo spacing, leading to blurring and reduced 
slice coverage for a given imaging time. The increase in echo spacing can be 
reduced by using a value of A smaller than the one required for opposed-phase 
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FIGURE 17.29 Dixon's method using GESFIDE. The echoes are alternately in-phase 
and opposed-phase. In this example, all twelve echoes are collected with the same 
readout gradient polarity. Only the frequency-encoding gradient waveform is shown 
for simplicity. 



images (Reeder et al. 2004). For example, a 3PD acquisition with phase shifts 
(0, 9, -9) can be used, where 9 < it. Figure 17.21 shows a 1.5-T example of 
FSE with A = 0, ± 1 .2 ms. The echo spacing was increased by only 2.4 ms in 
this case. Because of the arbitrary phase shifts, the data must be processed as 
described previously. 

An alternative method is to keep the readout gradient lobe location held 
fixed, but to add a readout prephasing gradient lobe that shifts the point where 
each echo peak refocuses (Ma et al. 2002a). In order to maintain the CPMG 
condition, another gradient lobe of opposite polarity to the prephaser is added 
after the readout lobe (Figure 17.30). The shifted echo is truncated at the 
beginning (i.e., partial or fractional echo) because of the prephasing gradi- 
ent. Because the two additional gradient lobes can be overlapped with the 
slice crusher gradient lobes and phase-encoding/rewinding lobes, there is not 
necessarily an increase in minimum echo spacing. 

The echo for the first in-phase scan with A = is symmetric because there 
is no time shift. The second in-phase echo has the lowest echo fraction because 
A is greatest. Partial echo data are normally processed using partial-Fourier 
reconstruction algorithms such as homodyne reconstruction (Section 13.4). 
The homodyne algorithm removes the image phase information that would be 
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FIGURE 17.30 Pulse sequence for using Dixon's method with RARE. A readout 
gradient prephaser is added to shift each echo peak (positive gray area). To main- 
tain the CPMG condition, a lobe of opposite polarity is also added after the readout 
lobe (negative gray area). This shifted echo is a partial echo because its beginning is 
truncated. 



used to determine 2<p from h (see Eq. 17.66). However, the low-frequency 
component of phase information that would normally be used in the homodyne 
algorithm can also be used in 3PD (Rybicki et al. 2001). This low-frequency 
phase information can be calculated from a portion of echo data that is sym- 
metric around k x = 0. The phase <j> can be determined from low-frequency 
phase maps using the region-growing algorithm previously discussed. The 
magnitude images |/i | and |/ 2 | can then be reconstructed using the homodyne 
algorithm. A simplification of this is to reconstruct 1 1\ \ using zero filling if 
the readout time is long enough that echo truncation is small (e.g., 15%). 3PD 
RARE data have been acquired using conventional 3PD phase choices as well 
as DPE phase choices and reconstructed using this algorithm with good image 
quality. 

Multiple Coils The SNR improvement inherent with multiple coil arrays 
is desirable, especially with fast pulse sequences that use high bandwidth 
readout and gradient echoes. The magnetization in the reconstructed image is 
multiplied by the coil receive B\ field or sensitivity. The phase of the sensitivity 
is therefore contained in the image phase. Because the receive coils generally 
each have different sensitivities and because phase information is used in Dixon 
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processing for water-fat separation, some care must be taken when multiple 
coil data are combined. Reeder et al. (2004) and Ma et al. (2002b) show two 
methods for such a combination. 

Finally, we note that parallel-imaging methods can lessen the scan time 
increase inherent to Dixon's method. The SNR increase from the multiple 
acquisitions necessary for Dixon processing is partially offset by the SNR loss 
inherent in parallel-imaging methods, but a net SNR benefit can still result in 
some cases (Ma et al. 2003). 
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17.4 Driven Equilibrium 

In 72-weighted and proton-density-weighted RF spin echo and RARE 
pulse sequences, TR is usually relatively long to allow complete recovery of 
longitudinal magnetization. Reducing the scan time by using a shorter value of 
TR reduces the SNR of long T\ tissues and introduces unwanted T\ weighting. 
Driven equilibrium or DE (also known as driven equilibrium Fourier trans- 
form, DEFT; and fast recovery or FR) was first introduced into pulsed Fourier 
transform spectroscopy in order to increase the SNR for acquisitions with short 
repetition times (Becker et al. 1969). 

In MRI, DE was originally applied to conventional RF spin echo pulse 
sequences (van Uijen and den Boef 1984; Maki et al. 1988) to allow TR to 
be decreased without SNR loss or increased T\ weighting. With RF spin echo 
pulse sequences, DE is implemented by applying a 1 80° refocusing pulse after 
the echo is collected, followed by another 90° pulse at the refocusing point 
of the subsequent echo that results. This combination of RF pulses flips the 
transverse magnetization back to the longitudinal axis (Figure 17.31). Because 
the longitudinal magnetization is given a kick, it reaches a higher value by the 
time that the next excitation pulse is applied. This in turn yields more transverse 
magnetization and allows shorter TR without substantially compromising the 
SNR or introducing unwanted T\ weighting. For RF spin echo imaging, both 
the 90° and 1 80° RF pulses added for DE are usually slice selective, although 
the 1 80° pulse can be nonselective as shown in Figure 17.31. The DE refocusing 
pulse is usually phase-shifted by tx/2 with respect to the excitation pulse; that 
is, if the excitation pulse is 90° , the refocusing pulse is 1 80° . The flip-up pulse 
is then 9Q°_ X , giving the complete RF sequence 90°— r— 1'80°— 2r— 180°— 
901-,. . (Recall that in this notation the pulses are separated by dashes, which 
should not be confused with minus signs. Recall also that in this notation 9Q°_ X 
is an RF pulse with a 90° flip angle that is applied along the negative x axis in 
the rotating frame. A 9Q°_ X pulse is equivalent to a -90° pulse.) 

DE is also compatible with gradient echo pulse sequences when it is 
used in the form of a preparation pulse to increase Ti weighting, without 
increasing TE (Haase 1990). A nonselective (90°— r— 180°— r— 90°) or 
more commonly a (90° — x — 180° — r — 90°^) sequence creates transverse 
magnetization that is refocused and flipped back to the longitudinal axis for 
repetitive use by a subsequent gradient echo pulse sequence (Figure 17.32). 
Because the transverse magnetization decays by spin-spin relaxation during 
the time between the DE 90° pulses, the amount of longitudinal magnetization 
after the preparation sequence depends on 72. This use of driven equilibrium 
is also called T2 preparation (Ji-prep). After the magnetization preparation, 
the gradient echo samples all or a fraction of 2D or 3D k-space. For example, 
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FIGURE 17.31 Driven equilibrium applied to an RF spin echo pulse sequence with 
nonselective refocusing pulses. The first 180° pulse produces the echo that is normally 
collected. The second 1 80° pulse refocuses the transverse magnetization so that it is 
flipped back to the longitudinal axis by the second 90° pulse. (Adapted from Maki 
et al. 1988.) 
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FIGURE 17.32 Driven equilibrium preparation sequence used with gradient echo 
imaging for 7*2 weighting. The RF pulses are nonselective. The box labeled Spoiling 
represents gradient lobes on one or more axes that dephase any residual ti 
magnetization. Tj weighting is determined by the preparation duration 7" pre p. 
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in magnetization-prepared rapid gradient echo (MP-RAGE) imaging (Mugler 
et al. 1991), ^-weighted longitudinal magnetization can be created and then 
used to sample a subset of the k y — k z plane, followed by a recovery period. 
As long as the flip angle of the RF excitation pulse is kept small (e.g., < 10°), 
then the Tj prepared longitudinal magnetization can be reused many times, for 
example, to sample 32 k y — k z values. 

Although DE and FR originally had different meanings, the two terms 
have come to be used synonymously in many cases. The term FR now usually 
refers to the addition of a slice-selective 1 80° refocusing pulse followed by a 
slice-selective 90° flip-up pulse at the end of a RF spin echo or RARE pulse 
sequence. The term DE usually means either the same thing as FR or else 
refers to a nonselective (90° — r — 180° — r — 90°.^ ) preparation sequence that 
precedes a gradient echo imaging sequence. To avoid confusion, we refer 
to these two uses as spin-echo FR sequences and gradient-echo DE prepara- 
tion sequences, respectively. FR is also known by other commercial names, 
including RESTORE and DRIVE. 



17.4. 1 Spin Echo Fast Recovery 

In addition to the conventional RF spin echo, FR has also been applied to 
RARE or fast spin echo (Melhem et al. 2001) and spin-echo EPI (Hargreaves 
et al. 1999) to reduce scan times as shown in Figures 17.33 and 17.34, respect- 
ively. Although scan time can also be reduced with RARE sequences by 
increasing the echo train length, this causes greater blurring. Reducing TR 
with RARE also reduces scan time but decreases signal from long T\ tissues 
such as CSF. This can be detrimental in applications such as spine imaging in 
which cord-CSF contrast helps delineate pathology. FR provides an alternat- 
ive scan-time reduction method with RARE, without increased blurring, and 
without decreased signal from long T\ tissues. The long scan times of 3D 
RARE make FR especially beneficial. 

The signal improvement with FR (compared to not using FR with shorter 
TR) is greatest for tissues that roughly satisfy TR < AT\ ; otherwise, the mag- 
netization is fully relaxed after each TR anyway. The signal improvement is 
also greatest for tissues that roughly satisfy r seq < 472, where r seq is the time 
to play one pulse sequence; otherwise, there is not much transverse magnetiza- 
tion remaining at the end of the sequence to flip back to the longitudinal axis. 
For RARE sequences, the latter requirement becomes N ei \t esp <4T2, where 
Neti and t esp are the echo train length and echo spacing, respectively. FR allows 
reduced TR with maximum signal preservation for tissues with long T\ and T2, 
such as CSF. (For tissues with short T\ and T2, TR could be reduced without 
signal loss anyway.) 
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FIGURE 17.33 Fast recovery RARE sequence. Fast recovery waveforms are shown 
in the box. All gradients are rephased at the echo time for the fast recovery 180° pulse. 
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FIGURE 17.34 Fast recovery spin echo EPI sequence. The box represents a 
echo train that collects multiple lines of k-space. 



The FR method assumes that the additional 1 80° pulse properly refocuses 
the transverse magnetization, so that the 90° pulse can return it to the lon- 
gitudinal axis. This is normally an excellent assumption, except in regions of 
extreme susceptibility variation, such as those caused by metallic implants. In 
this case, the incomplete refocusing caused by B \ inhomogeneity and imperfect 
slice profiles results in a substantial phase shift of the transverse magnetization 
at the point where it is supposed to be refocused. If the transverse magnetization 
is very small or points in a different direction than expected, the final 90° pulse 
restores a reduced amount of magnetization to the longitudinal axis. The result 
is little signal improvement or even or signal loss compared to a non-FR pulse 
sequence. 
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Another possible mechanism for signal loss with FR in areas of high 
susceptibility is dephasing or T 2 * decay during the 90° flip-up pulse. In this 
case, the net transverse magnetization that reaches the z axis after the pulse can 
be substantially reduced, especially if the flip-up pulse has a long pulse width. 

Figure 17.35 shows an example of a ^-weighted sagittal thoracic spine 
image. The image, acquired with FR and gradient reversal lipid suppression 
(Section 14.3), generally has better cord-CSF contrast, except for the signal 
loss in the region of the metallic clip (arrow). (In these regions of very rapid 
susceptibility change, lipid suppression methods such as chemical saturation 
and slice selection gradient reversal are also ineffective.) For this reason, it is 
generally prudent to disable FR (and lipid suppression) in these situations. 

When FR is used along with shorter TR, the contrast is generally somewhat 
different than with a non-FR pulse sequence. For tissues with T\ , T2 3> TR, 
spin echo FR contrast is a function of T2/ T\ similar to SSFP (van Uijen 
and den Boef 1984). Because most tissues have similar values of T2/T1, the 
resulting contrast is mostly determined by spin density (Maki et al. 1988). 
A notable exception is fluid, which can have a somewhat higher value of T2/T1 
than most tissue. Spin echo FR therefore gives useful contrast for tissue-fluid 




FIGURE 17.35 RARE images (a) with and (b) without fast recovery. TE = 105, 
TR = 2800, 3.5-mm slice, 0.5-mm gap, 256 x 512, four averages, receive bandwidth 
±32 kHz, and echo train length 17. A metal clip (arrow) creates signal loss in the FR 
image due to incomplete rephasing by the FR refocusing pulse and T 2 * decay during 
the flip-up pulse. In other regions, FR improves the CSF-cord contrast. 



17.4 Driven Equilibrium 893 

combinations such as spine-CSF (Melhem et al. 1991) and cartilage-joint fluid 
(Hargreaves et al. 1999). 

FR has been used with RARE to improve temporal resolution with 
real-time or interactive imaging (Busse et al. 2000; Makki et al. 2002). 
Another RARE application is simply to shorten scan time enough with 
^-weighted imaging that breath-holding can be used, reducing respiration 
artifacts (Schmalbrock 2000; Masui et al. 2001). 

For a RARE sequence that satisfies the CPMG condition (Section 16.4), 
FR pulses refocus and restore signals from both spin echoes and stimulated 
echoes to the longitudinal axis. If the flip angles of the FR pulses deviate 
from the ideal values, residual transverse magnetization can be produced and 
interfere with the signals from the subsequent excitation. Crusher gradients 
surrounding the 180° refocusing pulse and a spoiler gradient following the 
90° flip-up pulse are normally used to alleviate this problem. 



17.4.2 Gradient-Echo-Driven Equilibrium Preparation 

DE preparation can be used with either 2D or 3D sequences. The DE pre- 
paration RF pulses are followed by gradient spoiling lobes on one or more axes 
to dephase residual transverse magnetization, as shown in Figure 17.32. The 
duration of the preparation sequence r pre p determines the amount of T2 weight- 
ing. If M z is the longitudinal magnetization prior to the first 90° pulse, then 
assuming perfect flip angles for all three pulses, the longitudinal magnetization 
after the second 90° pulse is M z e~ T P K P^ T2 . In general, the longitudinal mag- 
netization prior to the first 90° pulse must be calculated by taking into account 
steady-state conditions — it is not simply the equilibrium longitudinal magneti- 
zation. An example of the steady-state calculation is given in Parrish and Hu 
(1994). Typically r prep ~ 50 ms. Greater T2 weighting can be obtained by 
using multiple 180° pulses to prolong r prep (Parrish and Hu 1994). Sometimes 
composite pulses are also used for the 90° or 1 80° pulses to decrease sensitivity 
to Bq and B\ inhomogeneity (also discussed in Parrish and Hu 1994). 

One problem with DE preparation is degraded T2 contrast caused by 
regrowth of longitudinal magnetization during the subsequent gradient echo 
imaging period. Using centric (or elliptical-centric for 3D) k-space acquisition 
can reduce the problem by acquiring the center of k-space before substantial 
regrowth occurs. Another problem is that if B\ is inhomogeneous over the 
patient, the flip angle of the preparation pulses is not ideal. The result is that, 
after the preparation sequence, some longitudinal magnetization is present that 
is not directly determined by T2 contrast. 

These problems can be alleviated by applying a gradient dephasing lobe 
after the first 90° pulse and a corresponding rephasing lobe after each RF pulse 
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DE preparation sequence Spoiling Gradient echo (repeat) 



4 1 



FIGURE 17.36 DE preparation pulse and gradient echo imaging pulse sequence 
using a dephasing lobe G\ and subsequent rephasing lobe G2 to eliminate signals 
unrelated to the preparation pulse. G ] and G2 have the same gradient areas. In practice 
G2 is combined with the slice-selection rephaser gradient lobe. (Adapted from Parrish 
and Hu 1994.) 



in the subsequent gradient echo imaging sequence (Parrish and Hu 1994), as 
shown in Figure 17.36. This scheme ensures that only the longitudinal mag- 
netization that experiences the preparation sequence contributes to the signal. 
Transverse magnetization that either results from longitudinal magnetization 
regrowth after the preparation pulse or that results from residual longitudinal 
magnetization caused by B\ inhomogeneity is dephased and does not contrib- 
ute to the signal. A major drawback of this method is a reduced SNR from the 
elimination of the signal unrelated to the T2 preparation. A minor drawback is 
a slight increase in the minimum TE and TR times. 

DE preparation has been used for ^-weighted head imaging with gradient 
echo pulse sequences (Mugler et al. 1991) and for cardiac imaging using 
T 2 shortening magnetic susceptibility contrast agents (Sakuma et al. 1994). 
When used with gradient echo imaging of heart, DE preparation increases 
blood-myocardial contrast (Brittain et al. 1995; Wiepolski et al. 1995). 

Gradient lobes can be placed between the 90° and 1 80° preparation pulses, 
as shown in Figure 17.37 for the purpose of creating diffusion weighting in 
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FIGURE 17.37 DE preparation pulse using gradient lobes to provide longitudinal 
magnetization with diffusion weighting. The gradient lobes can appear on any single 
axis or combination of several axes. 



the resulting longitudinal magnetization. A discussion of the effects of such 
diffusion-weighting gradients can be found in Section 9. 1 . The resulting pre- 
paration sequence is also sometimes called a diffusion preparation sequence 
and has been used for diffusion imaging using gradient echo (Thomas et al. 
1998) as well as RARE (Alsop 1997) pulse sequences. Eddy currents created 
by the diffusion-weighting gradient lobes prevent the complete rephasing of 
the transverse magnetization created by the first DE 90° pulse. As a result, only 
a fraction of the total transverse magnetization is returned to the longitudinal 
axis by the second DE 90° pulse. Because the eddy-current field is spatially 
dependent, the result is a nonuniform image intensity that does not reflect 
diffusion attenuation. 

The problem can be alleviated by phase cycling the second 90° pulse at 
the expense of doubling the scan time (Pell et al. 2003). If is the angle 
between the magnetization vector in a voxel and the axis of the 1 80° pulse at 
the time of the 90° flip-up pulse, then the magnetization returned to the z axis is 
M cos 9. If the flip-up pulse is phase shifted by 90°, the orthogonal component 
M sin is returned to the z axis. The first scan therefore uses 90° — r — 180° — 
r — 90°^, whereas the second uses 90° — r — 180° — r — 90° The square root 
of the sum of the sum of the squares of the images restores the full signal. 

DE preparation can also be used along with other preparation pulses such 
as fat saturation (Wiepolski et al. 1995) and adiabatic inversion (Pell et al. 
2003). 
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17.5 Projection Acquisition 

Projection acquisition (PA) was the first MRI k-space trajectory (Lauterbur 
1973; Lai and Lauterbur 1981). It is also called projection reconstruction, pro- 
jection imaging, or radial acquisition. PA fills in k-space data with radial 
spokes rather than a rectilinear raster as in Fourier imaging. There is a close 
connection between the PA k-space trajectory and parallel beam CT. The cent- 
ral slice theorem (also called the Fourier slice theorem), which is the basis of 
CT reconstruction (Kak and Slaney 2001), states that the Fourier transform of a 
line through the origin of k-space gives the projection of the object with beams 
perpendicular to that line in the image domain (Figure 17.38). In parallel-beam 
CT, 2D X-ray projections of a slice of the object are acquired through a range 
of projection angles. Fourier transformation of the projections results in meas- 
urements along radial spokes in 2D Fourier space (known as k-space in MR) 
at the same angles, which can then be reconstructed into images using either 
gridding (Section 1 3.2) or filtered backprojection (Kak and Slaney 2001 ; Liang 
and Lauterbur 2000). Filtered backprojection is used more commonly in CT 
than gridding because the aliasing artifacts from the latter are more prominent 
due to the higher SNR of CT. Both methods are used in MRI but gridding is 
preferred in many cases because the same algorithm can be used to reconstruct 
data acquired with any k-space trajectory. Filtered backprojection is employed 




FIGURE 17.38 (a) A line of k-space that passes through the origin at angle <p is the 
Fourier transform of (b) the projection P(4>,t) of the object in image space with beams 
(arrows pointing to the lower right corner) perpendicular to a line at the same angle <p. 



898 CHAPTER 17 Advanced Pulse Sequence Techniques 

in MRI applications such as removing phase sensitivity in diffusion-weighted 
images (Trouard et al. 1999). Reconstruction methods for PA are discussed 
further in subsection 17.5.1. 

Soon after the development of commercial MRI scanners, PA was largely 
replaced by rectilinear k-space trajectories to minimize artifacts related to Bq 
inhomogeneity and gradient nonlinearity. With rectilinear k-space trajector- 
ies, these effects mainly shift the location and amplitude of the point-spread 
function (PSF), resulting in geometric and intensity distortion. With PA, they 
distort not only the location and amplitude, but also the shape of the PSF 
(O'Donnell and Edelstein 1985), causing blurring artifacts (Glover and Pauly 
1992). Early MRI scanners had much worse Bo homogeneity and gradient 
linearity than current commercial scanners. The blurring artifacts of PA were 
considered less tolerable than the geometric distortion accompanying recti- 
linear trajectories, and the use of PA was limited for a time. Improved Bo 
homogeneity and gradient linearity, combined with a renewed appreciation 
of the advantages of PA for some applications, has led to its revival. These 
advantages are primarily shorter echo times, reduced sensitivity to motion, 
and improved temporal resolution for some applications. 

The pulse sequences for 2D gradient and spin echo PA are shown in 
Figure 17.39. More discussion of the gradient waveforms is given in sub- 
section 17.5.1. Although any of the gradient echo methods discussed in 
Section 14.1 can be used (Cremillieux et al. 1994), balanced SSFP has become 
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Figure 17.39 (a) 2D gradient echo PA pulse sequence. An example flip angle of 30° 
is shown, (b) 2D spin echo PA pulse sequence. For both (a) and (b), the logical readout 
gradient G x is rotated in the XY plane for each view j (i.e., G x (j) = XG x (j) + 
YGy(j), j — 1,2,..., Ng), where X and Y are the coordinates for the physical 
gradients and N s is the number of spokes. 
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especially popular for cardiac imaging because of the high blood-myocardium 
contrast (Peters et al. 2002; Larson and Simonetti 2001; Larson et al. 2002; 
Shankaranarayanan, Simonetti, etal. 2001). Because no phase-encoding gradi- 
ent is used, one of the advantages of PA is its shorter minimum TE when 
gradient echoes are acquired. If a half-Fourier readout is used in conjunction 
with ramp sampling and nonselective or half-pulse (Nielsen et al. 1999) RF 
excitation, the echo time can be as short as a few hundred microseconds. This 
has made PA particularly desirable for imaging very short T 2 nuclei, such as 
23 Na (Ra et al. 1989; Boada et al. 1997) and n B (Glover et al. 1992) and tis- 
sues with short T 2 * such as lung parenchyma (Bergin et al. 1991) and cartilage 
(Brossmann et al. 1997). 

Another advantage of PA is that artifacts from motion such as flow 
or respiration can be much less objectionable than for rectilinear trajector- 
ies (Glover and Pauly 1992). With rectilinear trajectories, motion results 
in ghosting artifacts that propagate throughout the entire (2D) image in the 
phase-encoded direction, regardless of the direction of object motion. The 
PA motion artifacts consist of streaks propagating perpendicular to the direc- 
tion of object motion and are displaced from the image of the moving object 
itself. In addition, the inherent oversampling near the center of k-space with 
PA results in signal averaging that reduces motion artifacts at the expense of 
slightly increased blurring. One important example is reduction of motion arti- 
facts in diffusion-weighted MRI (Jung and Cho 1991; Gmitro and Alexander 
1993). When gradient echo PA starts data acquisition immediately after the RF 
pulse, the flow-induced displacement artifact that is sometimes present with 
rectilinear k-space trajectories is eliminated (Nishimura et al. 1991). 

PA is somevhat self-navigating in the sense that consistency of the projec- 
tions at different angles can be used to monitor and correct for motion. (Some 
of the navigator methods discussed in Section 12.2 use projections at one 
or more orthogonal angles). A discussion of several methods used to reduce 
motion artifacts with PA is given in subsection 17.5.2. 

Another advantage of PA is that the aliasing artifacts from angular under- 
sampling consist of streaks (similar to those of CT) instead of the wraparound 
that results from undersampled phase encoding with rectilinear trajectories 
(Schefflerand Hennig 1998) (Figures 17.40 and 17.41). This has allowed scan- 
time reduction with little spatial or temporal resolution loss and with minimal 
aliasing for some applications such as contrast enhanced MR A (Peters et al. 
2000), cardiac imaging (Peters et al. 2001, 2002; Larson and Simonetti 2001; 
Larson et al. 2002; Shankaranarayanan, Simonetti, et al. 2001), and interven- 
tional imaging (Peters et al. 1993). More discussion of aliasing effects in PA 
is given in subsection 17.5.1. 

One of the disadvantages of PA is increased scan time relative to recti- 
linear trajectories if the Nyquist criterion is satisfied. This is because Nyquist 
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Figure 17.40 Simulated PA point-spread function with < <p < n sampling and 
256 readout points. (Note that the images are displayed in inverse video.) (a) 400 
spokes, (b) 200 spokes, and (c) 100 spokes. Approximately 402 spokes are required to 
satisfy the Nyquist sampling criterion at the edge of k-space. Images were reconstructed 
using MATLAB (The Mathworks, Natick, MA) with filtered backprojection and an 
ideal ramp filter. The central lobe of the PSF is the central dark dot. The artifact-free 
area is the solid white region surrounding the central lobe. 



sampling at the periphery of k-space causes the spokes to be angularly over- 
sampled closer to the center of k-space. As described in subsection 17.5.1, 
the use of partial Fourier acquisition (Section 8.1) allows scan-time reduction 
without reducing spoke sampling density. If aliasing artifacts can be tolerated, 
scan time can be reduced by also using angular undersampling near the peri- 
phery of k-space. Echo train acquisitions using either gradient echoes (Rasche 
et al. 1999; Larson and Simonetti 2001 ; Lu et al. 2003) or RF spin echoes (Ras- 
che et al. 1994; Altbach et al. 2002; Trouard et al. 1999) have been developed 
to reduce scan time by acquiring multiple spokes per TR. A combination of 
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FIGURE 17.41 Simulated Shepp-Logan head phantom (Kak and Slaney 2000) with 
< <j> < n sampling and 256 readout points reconstructed using MATLAB with 
filtered backprojection and an ideal ramp filter, (a) Ideal phantom, (b) 400 spokes, 
(c) 200 spokes, (d) 100 spokes. 



gradient and spin echoes (RAD-GRASE, subsection 17.5.2) is also possible. A 
modified PA k-space trajectory, such as twisting radial line imaging (TWIRL; 
Section 17.6), that combines PA with spirals can also reduce scan time. 

The k-space sampling raster produced by PA can alternatively be obtained 
by a set of concentric circular k-space trajectories (Matsui and Kohno 1986; 
Zhou et al. 1998). Although the net k-space raster can be the same between 
radial and angular (or circular) acquisitions, the PSFs can be quite different. 
If the number of samples per circle increases with the radius of the circle, the 
problem with angular undersampling in radial acquisition can be addressed, 
but this approach results in a reduced SNR for high spatial frequencies due to 
the increased receiver bandwidth. 

Because PA is a type of k-space trajectory, it is compatible with many other 
MRI techniques. Both 2D and 3D PA methods have been developed. 3D ima- 
ging uses either a cylindrical k-space volume with a stack of 2D radial spokes 



902 CHAPTER 1 7 Advanced Pulse Sequence Techniques 

combined with Fourier encoding in the slice direction (hybrid 3D PA) (Peters 
et al. 2000) or a spherical k-space volume with 3D radial spokes (Glover et al. 
1992; Barger et al. 2002). PA can be used with preparation pulses such as flow- 
encoding gradients (Barger et al. 2000). The PA scan-time reduction with MRA 
can be further enhanced by combining it with segmented k-space acquisition 
methods such as TRICKS (Section 1 1 .3) (Vigen et al. 2000). Temporal resolu- 
tion for cardiac imaging can be improved by using view sharing (Section 13.6) 
with PA (Larson and Simonetti 2001; Shankaranarayanan, Simonetti, et al. 
2001). 

17.5.1 Mathematical Description 

2D PA For 2D acquisition we assume that the spoke angles <p are equally 
distributed, which is the usual case. See Scheffler and Hennig (1998) for a 
description of unequal angular sampling that is used to obtain an asymmetric 
FOV. For both 2D and 3D acquisitions, the maximum k-space radius k max is 
determined by the desired spatial resolution Ax, which is assumed to be the 
same in all directions in the imaging plane: 

* ma * = ^- (17.93) 

2Ax 

If we assume that a 2D PA is performed in the physical XY plane, the physical 
readout gradient waveform amplitudes for 2D PA are: 

Gy = GnCOSrf) 

(17.94) 
Gy = Go sin <£ 

where Go = G x is the logical readout waveform amplitude (Figure 17.39). 
Although the basic PA k-space trajectory is very simple, many minor per- 
mutations are possible. Some of these permutations are discussed next for the 
2D case. 

2D PA k-space trajectories usually collect data either with < <f> < 2n 
(Figure 17.42) or < </> < n (Figure 17.43). For a fixed angular sampling 
interval A</>, acquisition over n radians requires only one-half the number 
of views. Either full or partial (i.e., fractional) echo data collection can be 
used with either angular sampling method. Partial echo has the advantage of 
shorter minimum TE. Half-echo or FID acquisition is a variation of partial 
echo that starts collecting each spoke at k — and is frequently used with 
angular sampling of < <j> < 2n . For example, an FID acquisition can be 
performed by turning on a readout gradient (without a prephasing gradient) 
either immediately following a nonselective RF excitation pulse or prior to the 
RF pulse. 
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FIGURE 17.42 Data collection in the range < <f> < 2tt. (a) -£ max < k < /c max with 
16 views, where k mm is the maximum k-space radius attained, (b) — & max < k < k mm 
with 15 views, (c) Same as (b) but with partial echo acquisition collecting —k <k< 
^max> where k is the partial echo overscan radius defined in Section 13.4. 




FIGURE 17.43 Data collection in the range < <p < n. (a) -k max <k< k mm with 
8 views, (b) partial echo acquisition collecting — k < k < k mm , again with 8 views. 



Figure 17.42a and b shows a full echo trajectory acquiring 
-^max <k< & max for each radial spoke with < <p < 2n. With an even num- 
ber of spokes (Figure 17.42a) each angle is collected twice, whereas with 
an odd number (Figure 17.42b) the spokes are interleaved to improve the 
angular sampling density. Figure 17.42c shows a partial echo trajectory equi- 
valent to Figure 17.42b that acquires data from — k to +£ max for each 
spoke, where k > is the overscan radius. The missing portions of each 
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spoke in Figure 17.42c are compensated using partial-Fourier reconstruction 
(Section 13.4). 

Figure 1 7.43 shows data collection over n radians with full echo and partial 
echo acquisitions. An even or odd number of spokes works equally well for 
this case. 

Because the number of spokes acquired with PA is larger than the num- 
ber of k-space lines acquired with a Cartesian trajectory, it is advantageous 
to collect multiple spokes within a single TR. Figures 17.44 and 17.45 show 
two examples. In Figures 17.44a and 17.45a, two spokes are acquired within 
the same TR using a bent-spoke trajectory (Noll et al. 1991; Boada et al. 
1997). In this example, the two spokes are collected using a full echo. Each 
spoke moves inward starting at the periphery of k-space and bends slightly at 
the origin to collect a spoke adjacent to the one that would have been collec- 
ted without the bend. The uncollected spokes are filled in using a homodyne 
reconstruction algorithm (Toropov and Block 2001). Note that bent-spoke 
acquisition is not the same as TWIRL. With bent-spoke acquisition, the spokes 
bend at the k-space origin, whereas with TWIRL the spokes become spirals 
away from the origin. The bend at the origin requires changing the readout 
gradient direction from angle </> to angle <p + Acp. From Eq. (17.94), this 
requires a small but discontinuous change in the readout gradients. Because 
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FIGURE 17.44 (a) Full-echo acquisition collecting two spokes per TR with bent pro- 
jections. Angular sampling density is doubled with the same number of excitations 
compared to Figure 17.43b because the missing halves of each projection (spokes 
diametrically opposite to the collected one) can be filled in using homodyne recon- 
struction, (b) Half-echo acquisition beginning at the origin of k-space collecting four 
spokes per TR with bent-spoke projections. 
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FIGURE 17.45 Pulse sequences for the k-space trajectories in Figure 17.44. An 
example flip angle of 30° is shown, (a) Two spokes collected within the same TR 
using a full echo bent projection acquisition. Note the change in physical readout 
gradient amplitudes at the origin of k-space to produce the bend. An optional spoil- 
ing or rewinding lobe (not shown) can be used, (b) Four spokes collected within the 
same TR with the first spoke using an FID acquisition. The small blips (or discontinui- 
ties) between readout trapezoids produce the shifts to neighboring spokes. An optional 
spoiling gradient lobe (not shown) can be used. 



such a discontinuous change is not possible due to the restricted slew rate 
of gradient amplifiers, the trajectory is forced to deviate somewhat from the 
ideal one. In practice, some form of k-space trajectory measurement is fre- 
quently necessary to allow accurate reconstruction of the k-space data (see 
subsection 17.5.3). 

Alternatively, the method depicted in Figures 17.44b and 17.45b can be 
used. Here the trajectory starts at the origin of k-space for each TR and collects 
four spokes. The first spoke in each TR uses an FID acquisition. The next two 
spokes are acquired with the left half and right half of a gradient echo (i.e., two 
back-to-back FIDs). The fourth spoke is sampled with a reversed FID. More 
or fewer spokes per TR could be collected than shown in this example. The 
acquisition of multiple spokes per TR is especially useful with 3D PA because 
the large number of spokes requires long scan times. 
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For 2D scans, there is no aliasing if the distance between spokes at the 
edge of k-space satisfies the Nyquist criterion: 



where L is the FOV, which is assumed to be the same in all directions. For a 
2D trajectory that samples over n rad, the number of spokes N s required to 
satisfy the Nyquist criterion is: 

N s = — = nk max L (17.96) 

A(j) 

For comparison, the number of phase encode lines Nphase in a Cartesian acquis- 
ition with the same FOV and resolution (i.e., the acquisition matrix size, not 
including zero filling) is: 



Therefore, combining Eqs. (17.96) and (17.97): 

A^s - |#phase (H.98) 

Nyquist-sampled 2D PA therefore requires ~57% more views than a com- 
parable rectilinear acquisition, even in the best-case scenario (0 < <j> < tc 
sampling). 

The 2D PA PSF has a central impulse response and an artifact-free region 
whose diameter is determined by the angular sampling density (Scheffler and 
Hennig 1998). Aliasing artifacts in the form of streaks appear outside this 
diameter. Figure 17.40 shows representative PSFs for different numbers of 
spokes. In Figure 1 7.40a, full Nyquist angular sampling is used, resulting in ali- 
asing artifacts outside the reconstructed FOV. In Figure 17.40b and c, reduced 
angular sampling density reduces the PSF artifact-free radius to one-half and 
one-fourth of the reconstructed FOV, respectively. The PSF also depends on the 
reconstruction method (i.e., filtered backprojection or gridding); however, this 
dependency does not substantially change the angular sampling effects shown 
in the figure. Regardless of the number of spokes, k-space is fully sampled for 
some effective FOV L e ff . L e ff is the radius of the alias-free zone of the PSF 
and also the diameter of the alias-free zone of the FOV. From Eqs. (17.96) 
and (17.97) L e ff is given by: 

ieff = L (-^r-\ (17.99) 
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The reconstructed image is the magnetization density convolved with 
the PSF Aliasing streaks are generated at a distance of L e ff from each 
pixel in the object (Figure 17.41). The amplitude of the aliased signal is 
proportional to the amplitude of the originating signal strength. Unless a 
very small value of N s is used, if the highest intensity signal is near the 
center of the FOV, then the highest intensity aliasing appears near the peri- 
phery of the FOV. This makes PA useful for contrast-enhanced applications. 
The contrast-enhanced vessels are sometimes found near the center of the 
FOV in either direction, creating sparsely distributed aliasing streaks that 
usually do not interfere too severely with vessel conspicuity. The more 
intense the vessels are compared to background tissue (e.g., lipids) the 
better because those structures also create streaking artifacts of their own. 
Because spatial resolution is primarily determined by k max and not angular 
sampling intervals, moderate angular undersampling enables scan-time reduc- 
tion without sacrificing spatial resolution. The resulting improved temporal 
resolution can also be traded for additional spatial resolution. Although ori- 
ginally applied to contrast-enhanced vascular imaging, undersampled PA has 
been successfully extended to other applications (Peters et al. 1993, 2001, 
2002). 

3D PA 3D PA that uses Fourier phase encoding in the slice-selection 
direction (hybrid 3D PA) has the same general properties as 2D PA. Hybrid 
3D PA is particularly useful for anatomy such as peripheral vessels that are 
confined to a thin slab. In this subsection we discuss 3D PA with radial spokes 
in all three directions (full 3D PA). One advantage of full 3D PA over hybrid 
3D PA is its greater volume coverage and isotropic resolution for the same 
scan time. To simplify the discussion, we consider only sampling with an FID 
acquisition. For 3D PA, the physical readout waveforms are 

Gx = Go sin # cos 

G Y = Go sin 9 sin 4> (17.100) 

G z = Go cos (9 

where 9 and <j> are the polar and azimuthal angles, respectively (Figure 1 7.46a). 
(Note that 9 should be distinguished from the flip angle of an RF pulse, a 
convention used in many other sections of this book.) 

The data are sampled over the ranges < 6 < n and < 4> < 2n. 
The most efficient strategy (Glover et al. 1992) is to use equal-solid-angle 
sampling. The sampling area on the surface of a k-space sphere with radius 
£max is required by the Nyquist theorem to be ( A/t) 2 = 1/L 2 (Figure 17.46b). 
If the solid-angle sampling interval associated with each k-space spoke is AQ, 
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FIGURE 17.46 (a) Polar and azimuthal projection angles 9 and <p for 3D PA. 
Azimuthal sampling interval is A<f>. The maximum k-space radius is fc max . (b) 2D 
sampling area (Ak) 2 on the surface of a sphere. 



the area subtended by each spoke on the sphere is required to be: 

k^AQ = (Ak) 2 = —z 



(17.101) 



where the solid-angle sampling interval Aft is: 

Aft = sin(9A6>A</> (17.102) 

Using equidistant polar angle sampling at the Nyquist limit gives: 



Ad = (17.103) 

kmaxL 

Combining Eqs. (17.101), (17.102) and (17.103) gives: 

A<£ = ]—— (17.104) 

kmaxL sin 6/ 

This strategy results in isotropic sampling on a circle perpendicular to the kz 
axis (Figure 17.46). Because there are An sr in a sphere, Eq. (17.101) implies 
that the number of required spokes is: 



N s = — = A7t(k max L) 2 
Aft 



(17.105) 



Because k max L is the number of image pixels in one dimension, M; is 
typically two orders of magnitude larger than in the corresponding 2D case 
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(see Eq. 17.96). For a 3D Cartesian k-space scan with isotropic resolution, the 
number of Fourier encoding steps ky - kz is (2k max L) 2 and is smaller than N s 
by a factor of n. (Isotropic resolution is not necessarily used in 3D Cartesian 
k-space acquisitions, which allows them to be faster than 3D PA scans by a 
factor somewhat larger than n.) Similar considerations about aliasing artifacts 
that have been discussed for the 2D case also apply to the 3D case. 

Example 17.4 Calculate the number of shots (i.e., RF excitations) required 
for 3D PA with a 40-cm FOV and matrix size of 256 if Nyquist sampling is 
used with (a) half-echo readout and (b) full echo readout with one echo per 
shot for both cases. Ignore sampling density improvements that are possible 
using homodyne reconstruction. 

Answer Using Eqs. (17.105) and (17.93), the number of spokes is: 
„ , / 40 \ 2 _ _ 



V 2(40/256)/ 



For case (a), the number of shots is the same as the number of spokes, 205, 888. 
For case (b), the number of shots is 7V s /2 = 102,944. 

Reconstruction The methods of gridding or filtered backprojection both 
work about equally well to reconstruct PA data. The reader is directed to Kak 
and Slaney (2001) and Liang and Lauterbur (2000) for a complete description 
of filtered backprojection. Here we consider a few differences between the 
techniques. 

A detailed comparison of reconstruction times between the two techniques 
is outside the scope of this book; however, gridding is generally somewhat 
faster than filtered backprojection. The most time-consuming step in gridding 
is the convolution and k-space resampling step. For 2D gridding, the computa- 
tion time for this step for PA is proportional to N s N reii( iW 2 , where iV rea d is the 
number of readout points per spoke, and w is the gridding function width in 
pixels. The most time-consuming step in filtered backprojection is the back- 
projection step. For 2D filtered backprojection, the computation time for this 
step is proportional to N S N 2 , where N is the image matrix size. To simplify 
the comparison, we assume yv rea d = N. Because N is typically on the order 
of 256, whereas w is typically 2 to 4, gridding can be roughly an order of 
magnitude faster than filtered backprojection. 

An analysis of gridding and filtered backprojection (Lauzon and Rutt 
1998) has shown that the images produced are equivalent, with one major 
and a few minor exceptions. The major difference is that filtered back- 
projection produces minimal aliasing artifacts, provided the k-space data are 
sampled at the Nyquist limit. Gridding, however, can add aliasing artifacts 
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from the rectilinear resampling. With a judicious choice of convolution kernel 
and k-space oversampling, however, the artifacts are usually acceptable, as 
discussed in Section 13.2. 

A minor difference between filtered backprojection and gridding relates 
to resolution and noise. With gridding, the k-space data are weighted by a 
density compensation function prior to rectilinear resampling. For 2D PA data 
without ramp sampling, the density compensation function is proportional 
to the radial distance from the origin of k-space (radial ramp). With filtered 
backprojection, the k-space data are multiplied by the Fourier transform of 
the convolution filter, which is also a ramp in k-space. The ramp density 
compensation function of gridding and the ramp filter of filtered backprojection 
are equivalent and originate from the Jacobian of the coordinate transformation 
from rectilinear to polar coordinates. 

With filtered backprojection, it is customary to roll off the ramp filter 
in k-space (i.e., to multiply it by a smoothly varying window that goes to 
zero at a k-space radius determined by the desired spatial resolution). With 
gridding, such windowing of the density compensation is not typically used. 
Data reconstructed using gridding without the windowed density compensa- 
tion produce images with a higher spatial resolution and a correspondingly 
lower SNR than when reconstructed using filtered backprojection. In addi- 
tion, during the backprojection step, it is necessary to interpolate the filtered 
projections in image space to obtain values at the exact pixel locations recon- 
structed in the image. This step arises because the sampled filtered projection 
locations needed for backprojection into each pixel at any given view angle 
do not in general correspond to the measured sample locations. For example, 
a linear interpolation is typically used, which is equivalent to convolving the 
filtered projections with a triangle function. In k-space, this is equivalent to 
multiplication by the square of a SINC function that further rolls off the ramp 
filter, increasing the SNR and decreasing the spatial resolution. Of course, it is 
possible to modify the two algorithms to match their k-space weightings, that 
is, to omit the roll-off window with filtered backprojection or to add a window 
that rolls off the density compensation ramp used with gridding. When this is 
appropriately done, the two methods produce images with the same resolution 
and SNR. More discussion of these points can be found in Lauzon and Rutt 
(1998). 

Another minor difference is that when filtered backprojection is used, it is 
sometimes useful to discard the phase of the projection in the image domain 
to reduce artifacts from motion and flow (Jung and Cho 1991; Gmitro and 
Alexander 1993), eddy currents, and mismatched group delays. This is done 
by taking the magnitude of the inverse Fourier transform of each k-space spoke. 
The resulting real projections are then filtered and backprojected to obtain the 
final image. This operation compensates for translational (but not rotational) 



17.5 Projection Acquisition 911 

motion and can give slightly better results than gridding when motion effects 
are important. 

In filtered backprojection, the convolution with the filter is done as a 
multiplication in k-space and is therefore a circular or periodic convolution in 
the image. In reconstruction of CT data using filtered backprojection, it is con- 
ventional to zero-pad each image space projection to twice its measured length. 
This step is done prior to Fourier transformation and multiplication by the filter 
in order to remove wraparound or interference effects from the periodic con- 
volution. The interference causes image nonuniformity, or dishing. This step 
has also been shown to be beneficial when reconstructing equally spaced MR 
projections (i.e., non-ramp-sampled projections) using filtered backprojection 
and is equivalent to radial SINC interpolation of the k-space samples to twice 
their measured density (Lauzon and Rutt 1996; Joseph 1998). 

In the reconstruction of CT data, it is also customary to use a slightly 
modified ramp filter that does not go to zero at the origin of k-space. This step 
is taken because, in the reconstruction of parallel-beam CT data, weighting 
the sample at the origin of k-space with a value of zero (the ideal ramp value) 
produces an image with distorted low spatial frequencies resulting in image 
nonuniformity, or dishing. This is sometimes called the 'k = problem'. 
The problem can be traced back to the fact that the filter must have infinite 
length in image space to have a value of zero at the origin of k-space. The CT 
filter is usually computed by truncating the ideal k-space ramp to the Nyquist 
frequency, apodizing it with an appropriate window if desired, inverse Fourier 
transforming to image space, and sampling at the correct Nyquist limit. The 
periodic convolution in image space uses only a finite length of the filter. When 
the resulting image space representation of the filter is then truncated to the 
length required for the convolution, zero-padded to prevent wraparound, and 
discretely Fourier transformed back into Fourier space, the values near the 
origin of Fourier space are slightly different from the ideal ramp, reflecting the 
fact that the filter no longer integrates to zero in image space (Kak and Slaney 
2001; Joseph 1998). 

Although the artifact improvement resulting from radial SINC inter- 
polation and the modified filter can be easily demonstrated with a filtered 
backprojection of either ideal simulated data or real CT data, the improvement 
using real MR data is less clear. This is because the image nonuniformity arti- 
facts that result can be much smaller than the image nonuniformity caused by 
transmit and receive B\ inhomogeneity. 

When gridding is used, the radial SINC interpolation step could be used 
if equally spaced radial samples are collected. However, the point of grid- 
ding is to avoid SINC interpolation, and the benefits are also less clear if the 
twofold k-space oversampling normally used with gridding is employed. The 
modified k-space ramp previously discussed has also been used as the density 
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compensation for gridding of PA data instead of the ideal ramp (Peters et al. 
2003). The benefit of this change, as well as possible extension to other nonuni- 
form k-space sampling methods such as spiral, remains an unexplored nuance 
of reconstruction from sampled data. 

When ramp sampling is used with PA, the samples are no longer uniformly 
spaced along radial spokes. In this case, a hybrid reconstruction algorithm that 
uses gridding to create equally spaced radial samples followed by filtered 
backprojection can be used. The benefit is reduced aliasing compared to a 
full gridding algorithm, but with a penalty of increased reconstruction time 
(Lauzon and Rutt 1998). 

17.5.2 Variations and Advanced Topics 

Motion Correction In one algorithm, called consistent projection recon- 
struction (CPR), the moments of the image space projections are used (Glover 
1993). The zeroth moment or integral of any projection (also equal to the 
k-space echo peak) is the area of the 2D complex object and should therefore 
be the same for all projections. Similarly, the first moment of the projections 
(center of mass) should have sinusoidal variation as a function of projection 
angle. The angular variation of projection moments is related to a set of con- 
sistency conditions called the Ludwig-Helgason conditions (Helgason 1990; 
Natterer 2001). In general, each projection moment should have an angular 
variation related to the order of the moment. Angular variation that has higher 
order than expected for a given moment can be attributed to motion or other 
artifactual causes and can be eliminated. The use of projection first moments 
to correct for object translation has also been extended to 3D acquisitions 
(Wiebenetal. 2001). 

A self-navigating approach using moments has been used to compute 
cardiac phase information to enable retrospective gating without an ECG 
signal (Larson et al. 2004). Any variation of either the zeroth moment or first 
moment that deviates from the expected angular variation (constant or sinus- 
oidal, respectively) for a slice that intersects the heart serves as an indicator of 
cardiac phase. The projection first moment or center of mass was first used for 
retrospective gating in CT, where it is referred to as a kymogram (Kachelriess 
et al. 2002). One limitation of this technique is that the resulting gating signals 
depend on slice plane orientation (e.g., long axis vs. short axis of the heart) 
because it is measuring changes in either the area of the object or its location. 
Consequently, it can give inconsistent information relative to the true cardiac 
phase for different slice planes. 

Another approach to exploiting the self-navigating properties of PA takes 
advantage of the fact that through-plane translation of the object often gives 
a uniform phase shift for each spoke, whereas in-plane translation of the 
object along the spoke direction gives a linear phase shift of the k-space data 
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(i.e., a phase shift proportional to k). A two-step correction uses the property 
that each spoke is expected to have the same phase at the origin of k-space 
(k = 0) because the linear phase shift is zero there. A uniform phase is first 
removed to force consistency of the k = phase, followed by the removal of 
the linear phase component of each spoke (Shankaranarayanan, Wendt, et al. 
2001 ). Because moving the object off-center would also produce a linear phase 
shift, the reconstructed object location is different in corrected and uncorrected 
images. Object rotations are not corrected by this method because rigid body 
rotation corresponds to rotating the k-space spokes. 

Linogram Acquisition Linogram acquisition (LA) is a variation of PA 
that samples k-space on a set of concentric squares in 2D k-space (Axel et al. 
1990) or concentric cubes in 3D k-space (Herman et al. 1992), as shown in 
Figure 1 7.47 for the 2D case. The data are collected along a set of spokes similar 
to PA; however, with LA the spokes are unequally spaced in angle and the data 
sample spacing along a spoke varies with spoke angle. LA was originally 
developed for CT to enable faster image reconstruction without the need for 
specialized backprojection hardware because LA data can be reconstructed 
using only FFTs (Edholm and Herman 1987). 

The term linogram is a variation on the word sinogram. For the 2D case, 
a point at location (X, Y) in the image is mapped to a sinusoidal curve: 

t = Xcoscp + Ysm<p (17.106) 

in the (t,<p) space of Fig. 17.38b. The (t,(p) coordinates are also called 
Radon space, after Johann Radon (1887-1956), a Czech-born Austrian mathe- 
matician. An image in (t , 4>) space is therefore sometimes called a sinogram. 
In linogram acquisition, the Radon space coordinates are transformed to a new 
coordinate system in which a fixed point in the image is mapped to a straight 
line, hence the term linogram. LA did not become popular in CT because it 
ideally requires a fanbeam detector with equidistant spacing between detector 
channels rather than the more commonly used equiangular spacing. 

2D linogram data can be split into two "butterflies," one with uniform 
sampling in kx and the second with uniform sampling in ky (Figure 17.47). 
The spokes for each butterfly can be acquired as either full echo or half echo. 
For simplicity, we consider only the full echo case that uses — 7r/4 < 4> < n/4 
for the first butterfly and n/4 < (j> < 3ir/4 for the second. The physical readout 
gradient waveform amplitudes for this case are given by: 

G * = G ^ ~ 9 (17 . 107 ) 

^Zg; tan(7r/2 - 0) */4<*<3*/4 
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FIGURE 17.47 (a) k-space for linogram acquisition is composed of two orthogonal 
butterflies (b) and (c), each covering one-half of k-space. (Only the central portion of 
k-space is shown). 



where the discrete angle for the nth spoke satisfies: 



An/N s - 1 < n < /V,/2 
j^r N s /2 < „ < A', 



where N s is the total number of spokes. (Compare Eq. 17. 107 to Eq. 1 7.94.) LA 
Nyquist sampling requires twice the number of views as Cartesian sampling: 



Ns = 2M* 



(17.109) 



(compare also to Eq. 17.98 for PA). This can be seen by noting that each 
butterfly has the same k-space sample spacing as a Cartesian acquisition at the 
edge of k-space for Nyquist sampling and hence requires N p hase spokes. 
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The net readout gradient amplitude as a function of angle is given by: 

(17.110) 



-fti~- 



Go/ cos -7T/4 < (/) < 7T/4 

Go/ sin <p n/A <4>< 3n/A 



To avoid aliasing, the readout bandwidth is ideally chosen to give Nyquist 
sampling along the spokes with the highest net gradient amplitude (i.e., spokes 
at —ix I A, nl A and 3n/A). With this sampling density, the kx samples for the 
first butterfly and the ky samples for the second butterfly have -Jl smaller 
spacing than required for Nyquist sampling. 

The data for the two butterflies are separately reconstructed and added 
to obtain the final image. Consider the first butterfly, which has uniform kx 
spacing and ky spacing that changes from column to column but does not 
vary within a column. Because the ky sample spacing along each column is 
less than the Nyquist spacing (except for the outermost columns), the most 
computationally efficient method for evaluating the DFT of each column is the 
chirp-z transform, implemented as three FFTs (Oppenheim et al. 1999). Next, 
a FFT of each row gives the image for the first butterfly. Excess FOV due to 
kx oversampling is discarded. The entire process is repeated for the second 
butterfly with the chirp-z transform in the row direction and FFT in the column 
direction. More discussion of the reconstruction steps can be found in Gai and 
Axel (1997b). 

Because LA data are acquired as radial spokes, LA has many of the advant- 
ages of PA, including reduced sensitivity to motion due to oversampling near 
the center of k-space, short TE with FID acquisition, and azimuthal under- 
sampling artifacts that are frequently less objectionable than with Cartesian 
acquisition. The self-consistency conditions inherent in PA (Ludwig-Helgason 
conditions) also apply to LA and can be exploited to reduce motion artifacts. 
For example, the zeroth, first, and second moments of the projections can be 
used in LA to correct for object scaling (i.e., dilation or stretching), rotation, 
and translation (Gai and Axel 1996). In addition, the degradation of the PSF 
with off-resonance spins is substantially different for LA than for PA. Whereas 
with PA off-resonant spins give rise to blurring in the PSF, with LA the degra- 
dation is similar to the geometric shift that results with Cartesian acquisition, 
except that the shift occurs in two directions rather than one (Gai and Axel 
1997a). Because LA data can be reconstructed using only FFTs, the image 
quality might be better than for PA data reconstructed using gridding. LA has 
the disadvantage, however, of requiring even more spokes than PA. In general, 
the potential trade-offs of LA relative to PA and Cartesian acquisition have not 
been fully explored. 

PROPELLER Periodically rotated overlapping parallel lines with 
enhanced reconstruction (PROPELLER) is a combination of rectilinear and 
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FIGURE 17.48 k-Space coverage for PROPELLER using four blades and eight lines 
per blade. The area inside the larger circle is covered by at least one blade everywhere. 
The area inside the smaller circle is sampled by each blade. 



PA k-space trajectories (Pipe 1999). A rectilinear trajectory that samples a 
rectangular strip of k-space, or blade, is rotated about its center through a 
series of angles so that a disk in k-space is completely covered (Figure 17.48). 
PA can be thought of as PROPELLER with a blade width of one k-space line, 
whereas rectilinear sampling can be thought of as PROPELLER with a single 
blade wide enough to cover all of k-space. The lines that compose each blade 
can be collected in many ways, for example using a single RF excitation pulse 
per line or using echo train methods such as RARE or GRASE. 

For the case in which the blade width is small compared to the diameter of 
k-space coverage, the number of k-space lines required by PROPELLER for 
Nyquist sampling is approximately the same as the number of spokes required 
for PA. This can be seen by noting that the sample spacing on a circle circum- 
scribed at the periphery of k-space is determined by the Nyquist criterion and 
is therefore the same in both cases. For PA, each sample point is the end point 
of a spoke between the origin and the periphery of k-space. For PROEPLLER, 
each point on the circle is the approximate end point of one k-space line in one 
blade. The number of spokes required for PA is therefore apportioned equally 
among the PROPELLER blades. Using more blades allows fewer lines per 
blade. For a multishot RARE acquisition using N^ot blades and N et \ k-space 
lines per blade, Eq. (17.98) requires: 



NshotNetl = 



~N 



(17.111) 



for an effective matrix size N. 
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Example 17.5 A PROPELLER acquisition collected using a multishot 
RARE sequence has spatial resolution 0.5 mm and a 24-cm FOV. If the width 
of each blade is 28 lines, calculate the number of blades required for Nyquist 
sampling. If the TR is 6000 ms, calculate the total scan time, assuming only 
one pass is needed to collect all the slice locations. 

Answer The effective matrix size is: 

240 mm 

N = = 480 

0.5 mm 

Using Eq. (17.1 1 1) with N et] = 28 gives: 



The scan time is 6 x 27 = 162 s, or 2 min 42 s. 

PROPELLER usually requires a phase correction to remove echo-shift dif- 
ferences between the blades prior to combining them (see further discussion 
in subsection 17.5.3). A circular region near the center of k-space is sampled 
by every blade, whereas high spatial frequencies near the edge are sampled by 
only a single blade. The oversampling of the central disk of k-space reduces 
motion artifacts due to averaging and also allows correction for inconsistencies 
between blades caused by motion. Because rigid body rotation in image space 
produces an identical rotation in k-space, consistency of the gridded mag- 
nitude of the k-space data among blades within the central disk can be used to 
calculate the patient in-plane rotation error for each blade. After phase correc- 
tion, the k-space magnitude data for each blade are compared to the average 
k-space magnitude data for all blades using a cross-correlation procedure. The 
resulting rotation error for each blade can be corrected using gridding during 
final reconstruction. Rigid body in-plane translation manifests itself as phase 
errors that can be calculated for each blade by comparing images reconstructed 
from the gridded complex k-space data within the central disk for the various 
blades. The complex low-resolution image for each blade is compared to the 
average for all blades using another cross-correlation. The resulting 2D trans- 
lation error for each blade can be corrected by removing a 2D linear phase 
from the k-space data for the blade during final reconstruction. 

Poor correlation between the data from different blades within the central 
disk indicates through-pane motion or other inconsistencies that cause arti- 
facts in the image. Cross-correlation between blades within the central disk 
can be used to calculate a weighting factor that is applied to each blade during 
reconstruction. Blades that are highly correlated have a high weighting factor, 
whereas blades that correlate poorly with the rest of the data are assigned 
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FIGURE 17.49 Comparison of the motion sensitivity of (a) PROPELLER and 
(b) RARE. A normal volunteer performed several large random head motions dur- 
ing the course of the scan to simulate uncooperative patient motion. PROPELLER 
scan parameters: 27 blades, blade width 28k-space lines, TR/TE = 6000/134, 
±50-kHz bandwidth, 24-cm FOV, 5-mm slice, 2-mm skip, 480 x 480 effective 
matrix size, scan time = 2 min 42 s. RARE scan parameters: 27 shots, ETL 10, 
TR/TE = 6000/102, ±16 kHz bandwidth, 24-cm FOV, 5-mm slice, 2-mm skip, 
384 x 256, scan time — 2 min 42 s. (Images courtesy Emanuel Kanal, M.D., University 
of Pittsburgh Medical Center.) 



a low weighting factor or are even discarded. The motion insensitivity of 
the PROPELLER k-space trajectory combined with the motion correction 
algorithm gives excellent robustness to even large-scale and rapid patient 
motion (Figure 17.49). More details about the motion correction algorithms 
can be found in Pipe (1999). 

PROPELLER has been used for diffusion-weighted imaging and for dif- 
fusion tensor imaging with multishot RARE (Pipe et al. 2002), in which it has 
been found advantageous compared to single-shot EPI in areas of very high 
susceptibility because of PROPELLER'S reduced signal loss in such areas. The 
scans are much longer than single-shot EPI, but also have a much higher SNR 
without the motion artifacts that accompany multishot EPI. PROPELLER has 
also been found useful for 72-weighted head imaging, particularly for unco- 
operative patients or patients with involuntary head motion such as Parkinson's 
disease. 

Although useful for reducing motion artifacts, PROPELLER with RARE 
requires long scan times and has high SAR. Scan time and S AR can be reduced 
by using a GRASE pulse sequence to acquire the PROPELLER k-space tra- 
jectory (Pipe 2002), which is a method known as turboprop. The phase-cycled 
refocusing pulse scheme required by PROPELLER cannot use flip angles 
substantially less than 180°. Turboprop is therefore especially useful for the 
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PROPELLER k-space trajectory at 3.0 T where the lower refocusing pulse flip 
angles used by conventional RARE acquisitions to reduce S AR are not feasible 
(Pipe et al. 2003). 

VIPR Vastly undersampled isotropic projection reconstruction (VIPR) 
uses full 3D PA with spherical k-space coverage using radial spokes and 
a very high degree of angular undersampling (e.g., a factor of 3 to 10) to 
reduce acquisition time (Barger et al. 2002). With a very high degree of under- 
sampling, the undersampling artifacts become a nearly uniform background 
haze instead of discrete streaks. To further improve temporal resolution, the 
spokes are separated into interleaving subsets that each covers the full volume 
in k-space. To improve data collection efficiency, multiple spokes are collec- 
ted per TR, as described in subsection 17.5. 1 , for example using a bent-spoke 
readout (Lu et al. 2003). To improve the effective temporal resolution and ali- 
asing suppression, the data are reconstructed with a temporally sliding window 
(Section 13.6). Because the degree of undersampling increases with k-space 
radius, data at low k-space radii can be combined with a relatively narrow 
temporal aperture and achieve reasonable aliasing suppression. Data at high 
k-space radii, however, must be combined with a wider temporal aperture to 
achieve the same degree of aliasing suppression. The resulting sliding window 
gives high temporal resolution for low spatial frequencies and lower temporal 
resolution for high spatial frequencies. This is sometimes called a tornado 
filter because of the filter shape when the width is shown on a plot of radial 
distance in k-space versus time. Contrast bolus arrival and washout can be 
imaged with temporal and spatial resolution that are difficult to obtain with 
rectilinear acquisition (Figure 17.50). 

RAD-FSE and RAD-GRASE PA combined with RARE (e.g., FSE and 
TSE) is also called radial FSE (RAD-FSE). So far, only 2D versions have 
been developed. The two main considerations with this technique are contrast 
behavior and view-angle ordering. 

T2 weighting in conventional RARE is adjusted by choosing which echoes 
in the echo train correspond to the central k-space lines (see Section 16.4). 
With RAD-FSE, the data from each echo pass through the center of k-space. 
Therefore, the center of k-space is acquired with multiple echo times. The 
result is that RAD-FSE images have T2 weighting for an effective echo 
time TE e ff roughly equal to one-half the echo train length (Rasche et al. 
1994): 

TE eff « Vtlfesp (17.112) 
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FIGURE 17.50 3D PA using VIPR. Field strength = 1.5T, TR = 4.4 ms, 44-cm 
FOV, 1.7-mm isotropic resolution, 30-s scan, 2 s per frame, N % = 27,000, four echoes 
collected per TR. (a) Coronal reformat of early arterial frame, (b) oblique reformat of 
late frame. (Images courtesy Walter Block, Ph.D., University of Wisconsin, Madison.) 



where N et \ is the number of echoes in the echo train, and t esp is the interecho 
spacing. Varying either N et \ or t esp therefore, changes the image contrast. There 
is much less control over the contrast behavior than with conventional RARE. 
The inability to control T2 weighting with RAD-FSE can be overcome by 
using k-space-weighted image contrast (KWIC) (Song and Dougherty 2000). 
In this method, spokes from every echo in the echo train are distributed evenly 
over an angle it in k-space (Figure 17.51a). If azimuthal Nyquist sampling 
is used at the periphery of k-space, then spokes near the center of k-space 
are azimuthally oversampled. Therefore, azimuthal Nyquist sampling can be 
maintained near the center of k-space even if some spokes are omitted. Only 
those spokes for the echo with the desired TE are used near the center of 
k-space, out to some radius k\ . Beyond this radius, spokes from echoes for 
several TEs may be used (Figure 17.5 lb). Within the radius k\, missing spokes 
can be filled in using interpolation. If Ak is the desired k-space sampling 
interval and A(j> is the angle between spokes within radius k\ (Figure 17.51b), 
then: 



*,= 



Ak N shot Ak 



(17.113) 



where we have used the fact that the angular separation between spokes for the 
same echo in adjacent echo trains is n divided by the number of shots AWt- 
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FIGURE 17.5 1 (a) RAD-FSE acquisition with four shots (ETLs) and two echoes per 
shot. The spokes for the first and second echoes are shown as solid and dotted lines, 
respectively, (b) KWIC reconstruction. The first echo from each shot is reconstructed 
within the circle of radius k\ . All echoes are reconstructed outside the circle. 



Example 17.6 Calculate k\ in k-space samples for a RAD-FSE pulse 
sequence that samples over n radians with N el \ = 8 and matrix size TV = 256. 

Answer FromEq. (17.98), the number of spokes is N s — k/2 x 256. Because 
each shot collects N eti = 8 spokes, N shot = N s /N et \ = (n/2 x 256)/8 = 
167T. Using Eq. (17.113), k\ = 16A& or approximately 16k-space sample 
points. 

View-angle ordering can be important in PA, even without the use of 
echo trains, in order to reduce the effects of patient motion (Glover and Pauly 
1 992). With RAD-FSE, the k-space modulation caused by Tj decay also creates 
streaking artifacts. The artifacts get worse with longer echo trains or shorter T2 
because the intensity modulation over k-space increases. The choice of view 
ordering can have a substantial effect on 72 -related artifacts with RAD-FSE 
(Rasche et al. 1994; Altbach et al. 2002). In one view ordering scheme, streak 
artifacts are reduced by distributing the echoes within a single echo train over 
n radians in k-space in such a way that T2 decay causes rapidly varying signal 
variation over any small angular section of k-space (Altbach et al. 2002). 

Radial GRASE (RAD-GRASE) combines the GRASE pulse sequence 
(Section 16.2) with a PA k-space trajectory (Gmitro et al. 2002). Because all 
the echoes pass through the center of k-space, using all echoes in a normal 
reconstruction would result in a mixture of T2 and 7" 2 * contrast. The KWIC 
algorithm for obtaining variable effective echo time with RAD-FSE can be 
adapted to increase or decrease 7" 2 * weighting with RAD-GRASE. For example, 



922 CHAPTER 1 7 Advanced Pulse Sequence Techniques 

using only the RF spin echoes within radius k i and all echoes outside that radius 
gives an image with minimal T 2 * weighting (almost pure Tj contrast). Similarly, 
using only the outer echoes of each gradient echo group within radius k\ gives 
an image with increased T 2 * weighting. 

Projection Acquisition with an Intrinsic Frequency Dimension PA can 
also be used for spectroscopic imaging to create multiple images at different 
frequency offsets (Lauterbur et al. 1984; Bernardo et al. 1985). In addition 
to resolving chemical shift information, these images can be used to plot the 
Bq field or combined to remove off -resonance effects such as those produced 
by So inhomogeneity and magnetic susceptibility. In this method, a new view 
angle \j/ is defined: 

f = arctan ( ^-\ (17.114) 

where Go is the amplitude of the frequency-encoding gradient, r is a generic 
spatial variable along the direction of the gradient, and f is an intrinsic 
frequency variable (in Hz) that contains chemical shift, B inhomogeneity, 
and other off-resonance effects. By varying the amplitude of Go, data can 
be acquired at different view angles \f/. Thus, an additional dimension that 
contains the off-resonance information is sampled. Algorithms for image 
reconstruction are detailed in Lauterbur et al. (1984) and Stillman et al. (1986). 



17.5.3 Practical Considerations 

Gradient waveform infidelity, such as uncompensated eddy currents and 
mismatch in receive chain and gradient amplifier group delays, can distort the 
PA k-space trajectory causing artifacts (Peters et al. 2003). Because gradient 
waveform distortion and eddy -current effects are typically larger near gradient 
ramps, the distortion can be especially substantial if ramp sampling is used. 
If multiple spokes are collected per excitation or if bent-spoke sampling is 
used, the resulting k-space direction changes can result in inaccurate k-space 
locations if gradient fidelity is poor. Because the eddy currents and gradient 
amplifier group delays can differ on each physical axis (sometimes called gradi- 
ent anisotropy), the effects depend on both the physical gradient waveforms 
and gradient axis (Aldefeld and Bornert 1998). Anisotropy of a few micro- 
seconds between axes has been found to be detrimental. The measurement and 
correction of these errors can substantially improve PA image uniformity and 
reduce streak artifacts. 

To the lowest order, the distortion can be characterized as a time shift 
of the echo. This is because linear eddy currents with short time constants 
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simply cause an apparent delay of the resulting physical gradient waveform 
to the lowest order (see Section 10.3). Therefore, gradient and receive chain 
group delays and short-time-constant linear eddy currents can be simultan- 
eously corrected by adjusting the temporal location of the peak of the echo. 
One method of characterizing the echo shift uses a one-time phantom meas- 
urement with a generic 2D PA pulse sequence such as an SSFP that collects 
full echoes over a range of < 4> < it. Scans of axial, sagittal, and coronal 
planes allow the measurement of characteristic delays for each physical axis 
that are independent of projection angle and scan plane. These characteristic 
delays can then be combined using the rotation matrices to give appropriate 
delays for any oblique prescription and any projection angle. The delays are 
compensated for by adjusting the logical projection prephaser gradient areas. 
Typically delays for only the in-plane logical axes are corrected because the 
through-plane component of delay gives only a small signal loss, which can 
usually be ignored. More discussion of this method can be found in Peters 
et al. (2003). 

Another correction first measures the k-space trajectory errors (Duyn et al. 
1998) and follows this by gridding reconstruction. The k-space data are placed 
at the measured k-space locations during gridding instead of their nominal 
locations (Dale and Duerk 2002). This method is beneficial when the gradient 
waveform distortion is more complicated than a simple shift because of the use 
of ramp sampling, bent-spoke sampling, or collection of multiple echoes (Lu 
et al. 2003). Alternatively, the gradient prephasers can be adjusted for each 
spoke to remove the trajectory errors, at least to the lowest order (Wieben et al. 
2003). 

Because the gradient distortions approximately shift the echoes, according 
to the Fourier shift theorem the gradient errors become linear phase errors in 
the image space projections. Therefore, inverse Fourier transforming each 
k-space spoke and discarding the phase removes the gradient error effects to 
lowest order. This is easiest with data that is not ramp sampled, so that no 
gridding is required. Instead, the resulting real projections are then filtered and 
backprojected. A low-frequency phase correction in image space, followed by 
taking the real part of the image, similar to the method used for partial Fourier 
imaging with homodyne reconstruction, has been used with PROPELLER to 
remove the echo shifts for each blade prior to combining the blades (Pipe 
1999). 

Another method for characterizing the echo shifts is to compare projection 
data acquired with positive- and negative-polarity gradient readout amplitudes. 
This is similar to methods used in EPI that compute the temporal shift in 
k-space between echoes acquired with positive- and negative-polarity readout 
amplitudes using a reference scan (Section 16.1). With 2D PA, projections 
obtained with negated x and y readout gradient amplitudes are separated by 
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1 80° ; that is, one projection is acquired at angle 4> and the other at angle <f> + n . 
After flipping one echo in the frequency direction in k-space to compensate for 
the readout gradient polarity difference between the pair, the two echoes are 
shifted in opposite directions. One-half of the total shift difference between 
the pair gives the desired echo shift for angle <f>. This method requires full 
echoes and data acquisition for < <p < 2n in order to have positive and 
negative polarities for every angle <p. Acquiring views at angles <j) and <j> + n is 
redundant from a sampling standpoint, but this disadvantage can be alleviated 
by using an odd number of spokes, which results in interleaved projections 
instead of redundant ones (see Figure 17.42a and b). Then the spoke at angle 
<p + n + A(j> can be substituted as an approximation for a spoke at <p + n when 
estimating the echo shift. This method has been used in MR fluoroscopy with 
PA (Rasche et al. 1999). 

For 3D PA, the echo shift due to eddy currents and gradient amplifier 
infidelity can also be addressed by turning on the gradients before the non- 
selective RF excitation pulse. By the time that the magnetization is nutated 
to the transverse plane, eddy currents with short time constants have already 
decayed away and the gradient amplifier has accurately settled to the requested 
currents. As long as the RF pulse width is short (e.g., 10 ixs) and the gradient 
amplitude is not very large, spins within the desired volume can still be excited 
to form a 3D image. This approach can be used for either FID or spin echo 
acquisitions (Zhou and Lauterbur 1992). 
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17.6 Spiral 

Spiral or spiral echo planar imaging is a set of acquisition methods that 
follow a spiral k-space trajectory (Meyer 1998). Most other pulse sequences 
use a rectilinear (i.e., Cartesian) k-space raster (Figure 17.52a). In the gradi- 
ent echo and spin echo pulse sequences discussed in Sections 14.1 and 14.3, 
each k-space line is acquired with its own RF excitation pulse. Acquir- 
ing a signal from a larger portion of k-space with each RF excitation (also 
called a shot) decreases scan time. Echo train pulse sequences, such as EPI 
(Section 16.1), GRASE (Section 16.2), and RARE (Section 16.4), can acquire 
multiple Cartesian lines with each shot. Spiral trajectories (Figure 17.52b) 
achieve higher data collection efficiency compared to Cartesian trajectories 
by requiring fewer shots for similar k-space coverage. More generally, pulse 
sequences such as RARE, GRASE, EPI and spiral allow a flexible trade-off 
between the number of shots, which determines scan time, and the amount of 
data collected per shot. Collecting more data per shot always poses additional 
potential image-quality challenges, for example, geometric distortion for EPI 
and blurring for RARE and spirals. 

Sometimes only data within a central circular region of k-space are recon- 
structed, as shown by the dashed circle in Figure 17.52a (see Section 13.1 on 
Fourier reconstruction). The data outside this region are usually acquired with 
rectilinear k-space trajectories, but are sometimes apodized with a reconstruc- 
tion window (i.e., a filter). Spiral sequences do not collect the unused data 
from the "corners" of k-space and therefore can be more time-efficient. 





FIGURE 17.52 (a) Rectilinear k-space trajectory. The dashed circle shows the extent 
of a radial k-space window sometimes used for reconstruction. With such a window, 
data outside the circle are apodized and essentially discarded, (b) Spiral k-space tra- 
jectory. The radial and azimuthal coordinates are k and 6, respectively. The radial 
sampling interval is Ak. 
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FIGURE 17.53 (a) Single-shot spiral, (b) Interleaved multishot spiral. 



Similar to EPI, GRASE, and RARE, spirals can acquire the entire k-space 
raw data set with either one or multiple shots. The k-space trajectories for adja- 
cent shots of an interleaved multishot spiral are rotated by an angle ±2ii/N S h 0t 
with respect to one another (Figure 17.53), where N s ^ ot is the total number of 
shots. 

Because spiral acquisition is simply a method of traversing k-space, 
it can be combined with many other MRI techniques. For example, both 
FID and spin echo signal generation are compatible with a spiral readout 
(Figure 17.54). Spiral readout with an FID is often referred to as gradient-echo 
spiral. Spirals can be used in conjunction with diffusion gradients (Section 9. 1 ), 
flow-encoding gradients (Section 9.2), or with RF preparation pulses such as 
magnetization transfer (Section 4.2) or inversion pulses (Section 6.2). In all 
these cases, spiral image data can be collected in either 2D or 3D acquisition 
mode, although 2D spirals are more commonly used. 

Spirals can also be combined with RARE to acquire multiple spiral 
interleaves using a single RF excitation. We use the terms interleaves and 
shots interchangeably in this section, although for RARE spirals they are 
not necessarily the same. (A noninterleaved multishot spiral would collect 
nonoverlapping annuli for each shot, but such a trajectory is seldom used 
except for RARE spirals.) As the number of interleaves increases, the readout 
time for each interleaf r acq decreases, assuming the spatial resolution and FOV 
are held fixed. 

Spirals replace the independent frequency- and phase-encoding functions 
used in Cartesian k-space trajectories with a 2D readout function. The gradient 
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FIGURE 17.54 (a) 2D gradie 
pulse sequence. 



: echo spiral pulse sequence, (b) 2D spin echo spiral 



waveforms for spiral readouts are sinusoids that are usually both frequency 
and amplitude modulated. Most spiral trajectories begin by collecting data at 
the center of k-space for each interleaf. This results in gradient waveforms 
that start with an amplitude of zero at the beginning of the readout. As the 
readout progresses, the gradient amplitude increases while the sinusoid fre- 
quency decreases (Figure 17.55). Because of the restricted slew rate of all 
MR gradient amplifiers, the gradient amplitude cannot increase infinitely fast 
at the beginning of the readout. This results in data points near the center 
of k-space that are clustered closer than required by the Nyquist sampling 
theorem (Figure 17.56). This oversampling reduces the efficiency of spirals, 
but also reduces their sensitivity to motion. 

Once the maximal k-space radius is reached, the spiral gradient is ramped 
to zero. The most commonly used variations of gradient echo spirals are 
spoiled, SSFP-FID, and balanced SSFP. A readout/rewinding lobe is usually 
applied to return the k-space trajectory to the origin for the same reason that 
most nonspiral gradient echoes use a rewinding lobe for the phase-encoding 
gradient (see Section 14. 1). For example, for RF spoiled gradient-echo spirals, 
this results in a consistent phase on the readout axes for all interleaves, giving 
better image quality. 

Another advantage of spirals is that the gradient moments oscillate period- 
ically about zero because of the sinusoidal gradient waveforms (Figure 17.57). 
Because the readout waveforms start with zero amplitude, the data acquired in 




Constant slew rate 
Increasing amplitude 



Constant amplitude 



FIGURE 17.55 Sinusoidal gradient waveform for one of the readout axes for a typical 
2D spiral prescription. The amplitude starts at zero and builds up at a constant slew rate 
to the final value Go, which is determined by the FOV, bandwidth, and system gradient 
limit. The amplitude remains constant after Go is reached. As time progresses, the 
sinusoidal frequency decreases. 




FIGURE 17.56 Distribution of data points in k-space for a spiral with eight interleaves. 
Near the center of k-space, the points are clustered much closer than required by the 
Nyquist sampling theorem. Near the edge of k-space, the points are spaced at the 
Nyquist sampling limit. 
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FIGURE 17.57 Gradient moments for a spiral readout waveform, (a) G x zeroth 
moment, (b) G y zeroth moment, (c) G x first moment, (d) G y first moment, (e) G x 
second moment, (f) G y second moment for a spiral with N S hot = 16, L = 24 cm, 
A v = ± 1 12 kHz, and N = 256 pixels. Note that at the beginning of the readout, which 
corresponds to the center of k-space, all orders of the gradient moments are zero. 



the center of k-space are gradient-moment-nulled to all orders along the two 
readout axes. This can result in less artifact and signal loss from intravoxel 
dephasing caused by flowing spins (Section 10.4). 

Because spirals do not use phase-encoding gradients, spiral trajectories 
that start at the center of k-space can have very short echo times, a feature 
similar to projection acquisition with FID acquisition. Conversely, longer echo 
times to increase r 2 * sensitivity can be obtained by starting the trajectory at the 
edge of k-space and spiraling inward (i.e., reversed spiral, subsection 17.6.2). 

The main disadvantage of spirals is image blurring from off-resonant spins. 
The blurring can be understood qualitatively from Figure 1 7.58. In a non-echo- 
planar rectilinear k-space acquisition, off-resonant spins appear displaced in 
the frequency-encoded direction of the image by a distance proportional to the 
resonance frequency offset. With a spiral acquisition, however, the readout 
direction is effectively rotating during the acquisition. Thus, the off-resonant 
spins are displaced in all directions in the image, causing a blurred appearance. 
(The actual amount of displacement at any time depends on the amplitude of 
the readout gradient at that point in the trajectory.) Blurring depends roughly 
on the total off -resonant phase accumulated at the completion of the readout. 
Thus, the longer the readout time, the worse the blurring. Uncorrected blurring 
has impeded the introduction of spirals into routine clinical practice. Even 




FIGURE 17.58 (a) Resonance offset in a conventional Fourier acquisition causes 
displacement in the frequency-encoded (i.e., readout) direction, (b) Resonance offset 
in a spiral acquisition causes displacement in all directions, which results in blurring. 



small frequency offsets can cause substantial blurring for typical readout times 
(Figure 17.59). By contrast, r 2 * decay during the readout causes only a slight, 
spatially independent blurring and is not a significant problem. More discussion 
of off-resonance blurring and blurring corrections is given in subsection 17.6.3. 

Another disadvantage of spirals is increased aliasing from objects that 
extend outside the FOV. With rectilinear k-space acquisition, signal from spins 
that are outside the FOV in the frequency-encoded direction is removed by the 
anti-aliasing filter. Signal from spins outside the FOV in the phase-encoded 
direction cannot be removed, so it aliases or wraps into the final image. With 
spirals, however, the frequency-encoded direction rotates throughout the scan. 
At any point during the readout, signal is acquired from spins outside the FOV 
in the direction orthogonal to the rotating readout gradient. This signal cannot 
be eliminated and causes aliasing artifacts. 

A key difference between rectilinear trajectories and spirals is that aliased 
signal from rectilinear trajectories appears wrapped in the phase-encoded dir- 
ection of the image, whereas aliased signal from spirals gives streaks and swirls 
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FIGURE 17.59 Spiral scan with /V shot = 16, L = 24cm, Ay = ±62.5 kHz, N = 
200 pixels, Sro = 120T/m/s, G = 12.2mT/m, and r acq = 16 ms. (a) Transmit/ 
receive on-resonance. (b) Transmit/receive 50 Hz off-resonance. 




FIGURE 17.60 Aliasing artifacts (arrows) for spiral scans with Nshot = 16, Av = 
±62.5kHz, N = 200 pixels, 5 R0 = 120T/m/s,G = 12.2 mT/m, and T acq = 16ms. 
(a) L = 24 cm (object contained within the FOV), (b) L = 16 cm (object larger than 
the FOV). 



that bear no similarity to the anatomical region that generated the aliasing 
(Figure 17.60). Therefore more care must be taken in choosing the FOV for 
spiral scans than for conventional scans. More discussion of aliasing artifacts 
is given in subsection 17.6.1. 




FIGURE 17.61 Sagittal bilateral breast 3D spiral images with lipid suppression using 
a four-channel breast coil and SENSE with a reduction factor of 2 in the Fourier- 
encoded (slice) direction. Imaging parameters: TR/TE/flip angle = 38/5.3/40, Av = 
± 1 25 kHz, L = 20 cm, 4-mm slice, skip, 80 slices, /V sho t = 12, 7* acq = 11.2 ms, 1 8-s 
scan. (Images courtesy Bruce Daniel, M.D., Stanford University, and Ann Shimikawa, 
M.S. and Elisabeth Angelos, Ph.D., GE Medical Systems.) 

Spiral scans are almost invariably reconstructed using gridding (Section 
13.2). The reconstruction times are therefore usually long compared to con- 
ventional scans. This can limit the reconstruction frame rate, especially with 
multiple receive coils, making some real-time applications impractical, at least 
with the hardware available in 2004. 

Because of their inherent time efficiency, spirals have found most wide- 
spread application in coronary artery imaging (Meyer et al. 1992), fMRI 
(Noll et al. 1995), and spectroscopic imaging (Adalsteinsson et al. 1998). 
Figure 17.61 shows an emerging application using spirals to achieve higher 
temporal resolution with contrast-enhanced dynamic imaging (Angelos et al. 
2003). Spiral k-space trajectories can also be used for 2D or 3D RF pulses, as 
described in Cline et al. (1991) and Section 5.1. 

17.6.1 Mathematical Description 

k-Space Trajectory First we consider the 2D spiral case; we discuss 
the extension to 3D later. We describe the k-space trajectory using polar 
coordinates (k,9), which are related to the Cartesian coordinates (k x ,k y ) 
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through: 

k v = k cos 9 

(17.115) 
k y = k sin 9 

(Note that 9 should be distinguished from the symbol for the RF flip angle 
used in other sections of this book.) Spiral scans usually use an Archimedean 
spiral (after Archimedes 2877-212 B.C., a Greek mathematician and scientist), 
in which the radius k is proportional to the azimuthal angle 9 (Figure 17.52): 

k(t) = X9(t) (17.116) 

where A. is a constant. A spiral with N s h t interleaves uses trajectories for each 
interleaf that are identical in shape, but rotated by integer multiples of the angle 
271/Nshot rad about the axis perpendicularly passing through the k-space origin. 
The constant X is determined by the Nyquist sampling requirement. Each inter- 
leaf moves radially through a distance Ink in k-space as the azimuthal angle 9 
advances through 27r . If N^ oi interleaves are packed into this radial distance, 
the radial distance between adjacent interleaves at any fixed azimuthal angle 
is Ak = Ink/Nfhot (Figure 17.52b). For alias-free sampling that satisfies the 
Nyquist criterion, we must have Ak = 1/L, where L = L x = L y is the FOV. 
This requires: 

A = ^ (17.117) 

2?rL 

Equation (17.117) is a result of the radial Nyquist sampling requirement. 
The corresponding azimuthal Nyquist sampling requirement is discussed next. 
The spatial resolution for a spiral scan is determined by the maximum radius 
reached in k-space, just as for conventional scans. 

Once the geometric shape of the spiral trajectory is fixed by the choice 
of -/Vshot, ^, and spatial resolution, the rate at which the spiral is traversed, 
9{t), must be determined. Early spiral implementations traversed k-space with 
constant angular velocity (Ahn et al. 1 996). This type of spiral is still sometimes 
used because the gradient waveforms are relatively simple. However, constant 
angular velocity spirals are inefficient because they take longer to reach the 
maximum radius in k-space. Because blurring is proportional to the readout 
time for a single interleaf, constant angular velocity spirals have more blurring 
for a fixed spatial resolution, or equivalently lower resolution for a fixed amount 
of blurring, than constant linear velocity spirals. Therefore, we only discuss 
constant linear velocity spirals in this section. (Although the term constant 
linear velocity is standard nomenclature, the trajectory actually uses a constant 
linear speed because the direction of travel is not constant.) 



Gradient Waveforms The velocity of k-space traversal in any given dir- 
ection is proportional to the gradient amplitude in that direction. Therefore, a 
consta nt linear velocity 2D spiral uses a readout waveform that has constant 
G = JG\ (?) + G^(t) at all points in k-space. In reality, a constant linear velo- 
city cannot be achieved for all parts of k-space because the gradient waveform 
must start from zero and gradient amplifiers have restricted slew rate. The most 
efficient spiral trajectory uses a fixed slew rate Sro until the desired gradient 
amplitude Go has been reached. At this point the amplitude stays constant 
for the remainder of the readout (Figure 17.55). Several gradient waveform 
design methods that follow this strategy have been developed (Meyer et al. 
1996; King et al. 1995; Glover 1999). 

The desired gradient amplitude Go is determined by the azimuthal Nyquist 
sampling requirement: 

^G L = 2Av (17.118) 

where ± A v is the receiver bandwidth. This requirement prevents aliasing from 
azimuthal undersampling (i.e., along a spiral interleaf). Because of the slew 
rate limit, the gradient amplitude is typically less than Go near the center of 
k-space. This causes the distance between sampled k-space points along a spiral 
interleaf to be smaller near the center of k-space than away from the center 
(Figure 17.56). If the Nyquist sampling criterion in Eq. (17.1 18) is met at the 
edge of k-space, it is automatically met at the center. It is possible to increase 
Go beyond the limit imposed by Eq. (17.1 18), depending on the amount of 
aliasing that is tolerable. When this is done, the resulting trajectory has a shorter 
readout time for fixed spatial resolution and FOV and consequently produces 
less blurring. Aliasing artifacts due to radial and azimuthal undersampling are 
independent and can be separately controlled. In this respect, spiral scans are 
more like CT scans than like conventional MR with a Cartesian k-trajectory. 
Figure 17.62 shows a comparison of radial aliasing (using A greater than the 
limit in Eq. 17.117) and azimuthal aliasing (using Go greater than the limit 
in Eq. 17.1 18). In Figure 17.62c and d, X and Go, respectively are increased 
by a factor of 1.8 relative to their Nyquist values in Figure 17.62b. Note that 
in Figure 17.62d, the azimuthal Ak is still below the Nyquist value near the 
center of k-space because of the slew rate limit, although the final azimuthal 
Ak is 1.8 times the Nyquist value. The spatial resolution in all the images in 
Figure 17.62b-d is fixed at 1.2 mm. This example illustrates that, similar to 
CT, azimuthal aliasing artifacts are frequently less objectionable than radial 
aliasing artifacts. 

The slew rate 5ro is usually set to the maximum allowed by the gradient 
hardware, but sometimes it needs to be further restricted if peripheral nerve 
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FIGURE 17.62 (a) Spiral k-space trajectory showing the radial and azimuthal 
sampling intervals, (b) Spiral scan without aliasing. Imaging parameters: 
TE/TR/flip angle = 2.5/500/90, Av = ±62.5kHz, L=24cm, 10-mm slice, 
N s hot = 32, r acq = 8. 192ms, N = 200 pixels, S R0 = 120T/m/s, G =12.2mT/m, 
A = 0.21 cm -1 , (c) Radial aliasing. Imaging parameters are the same as (b) except 
A = 0.38 cm -1 , 7" acq = 4.8 ms. (d) Azimuthal aliasing. Imaging parameters are the 
same as (b) except G = 22 mT/m, and 7/ acq = 4.8 ms. 



stimulation is a concern (King and Schaefer 2000). Increasing Sro decreases 
the readout time (for a fixed spatial, resolution, FOV, and number of interleaves) 
by decreasing the duration of the slew rate-limited segment of the trajectory 
T s (Figure 17.55). As 7 S becomes negligible, further slew rate increases give 
almost no reduction in readout time. Increasing the maximum gradient amp- 
litude can also reduce the readout time. A higher slew rate is required, however, 
to fully realize the benefits of a stronger maximum gradient amplitude. 

It is customary to define spatial resolution by the equivalent matrix size 
that would result in a square pixel that has edge length equal to the spatial 
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resolution. We call this the effective resolution N. The image, however, will 
generally be interpolated to a square matrix size that is a convenient power of 
two, which can be much larger than N x N. Thus the maximum k-space radius 
reached, & max , is defined by: 

yv 

yfc max = — (17.119) 

where N = N x = N y is the effective matrix size. The final azimuthal angle of 
the k-space trajectory is important for the waveform calculation and is given by: 

e ma > = k -^ = ^L (17 . 120) 

>- Nshot 

where we have used Eqs. (17.1 16), (17.1 17) and (17.1 19). 

Example 17.7 How many complete turns of a 16-shot spiral are required to 
give a spatial resolution of 1 .5 mm if the FOV is 24 cm? 

Answer The effective matrix size is N = 240 mm/ 1.5 mm = 160. Using 
Eq. (17.120) with JV shot = 16, m ^=n x 160/16= IOtt or five complete 
turns. 

We now consider how to calculate the readout gradient waveforms. 
Using Eqs. (17.115) and (17.1 16), the Cartesian components of the gradient 
waveform are given by: 



G x 


y 


= — A.#(cos6>-<9s: 
Y 


in0) 


(17.121) 


Gy 


= ^*v 


= —X6(sin9+6a 


3S0) 


(17.122) 



where a dot above a symbol denotes its first-time derivative. Similarly, using 
Eqs. (17.121) and (17.122), the Cartesian components of the slew rate (the 
time derivatives of the corresponding gradient components) are given by 

S Rx = — X[(6 - 80 2 ) cos 9 -(20 2 + 69) sinO] (17.123) 

S Ry = —X[(9 - 99 2 ) sin 9 + (29 2 + 99) cos 6], (17.124) 

where a double dot denotes the second-time derivative. The components G x (t), 
Gyit), SR x (t), and 5r v (/) can be thought of as defining 2D gradient and slew 
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rate vectors that rotate as increases with time. The vectors also have time- 
varying amplitudes G and S R that are found using Eqs. (17.121)— (17.124) 
to be: 



G(t) = Jg 2 x + G\ = —XOjl + 2 (17.125) 



s R (t) = Jsl x + sl y = —k[(e - ee 2 ) 2 + {ie 2 + ee) 2 ] 1 ' 2 (17.126) 

(Equation 17.125 implicitly assumes without loss of generality that 9 > 
because 9 2 is removed from the square root.) The slew rate and amplitude 
limits on the spiral trajectory can be stated as: 

ISrU) = Sro while G(t) < G 
G(t) = Go thereafter 

The constraint of Eq. (17.127) can be formulated into a differential equation 
for 9 {t) (King et al. 1999): 



(17.128) 



f(9,9) = 



[p 2 (\+9 2 )-9 4 (2 + 9 2 ) 2 ] ]/2 ifG<G 



_ Y %o 

" 2tt X 



129) 
otherwise 



(17.130) 



(We assume that 9 > when 9 = and 9 = because the positive sign 
is chosen for the square root in Eq. 17.129.) The differential equation can be 
solved numerically for 0(0 and 0(0 using any standard equation-solver soft- 
ware package. The solution is obtained for 9 < max , where max is given by 
Eq. (17.120). Once 0(0 and 0(0 have been determined, the gradient wave- 
forms can be calculated using Eqs. (17.121) and (17.122). There is frequently 
a small discontinuity in at / = 7 S because f(9,9) ^ immediately preced- 
ing this point but f(6, 9) = immediately afterward. This is usually not a 
problem because and the physical gradient waveforms are continuous. 
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Approximate Solution A closed-form expression that approximates the 
gradient waveforms is described in Glover (1999). The azimuthal angle 6{t) 
is partitioned into two separate functions of time for the slew-rate-limited and 
gradient-amplitude-limited segments of the trajectory. 

*(0={* ,( ° t<T " 07.131) 

\0 2 (t) t>T s 

where T s is the duration of the slew rate limited segment of the trajectory, given 
approximately by: 



/ 3yG \ 3 

" \AnXal) 



The two functions of time in Eq. (17.131) a 
0i(O = 



2a 2 
and 



V n) 



Goit - T s ) 



and A in Eq. (17.134) is a dimensionless, adjustable parameter. The angle 
8 S in Eq. (17.135) is the transition point between the slew-rate-limited and 
gradient-amplitude-limited segments and is found from: 

s = 9i(T s ) (17.136) 

The constant A > 1 in Eq. (17.134) is chosen to adjust the slew rate at t = 0, 
which is given by 5(0) = So/A. In this approximation, Sr(0 overshoots Sro 
for part of the slew-rate-limited segment of the trajectory. Larger values of A 
give lower Sr(0 near t — 0, but also give a longer overshoot time. 

For some scan prescriptions, Go is never reached and the trajectory is slew- 
rate-limited for the entire readout time. These prescriptions have relatively 
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large G , slow %>, small N shoU or large FOV. In this case, only 6\ is calculated 
and, neglecting A, the duration of the trajectory is: 



where Ax is the spatial resolution (with dimension of distance). If instead, 
Go is reached before 9—9 max , 62(f) is determined from Eq. (17.135) for 
T s < t < T acq where: 



r(*L-e?) 



^ ' • yG l 

Once 6 (?) is determined from Eq. ( 1 7. 1 3 1 ), 9 can be obtained by differentiating 
Eqs. (17.134) and (17.135). The gradient waveforms are then calculated using 
Eqs. (17.121) and (17.122). 

Example 17.8 A single-shot spiral uses a maximal gradient amplitude of 
30mT/m and slew rate of 200T/m/s. (a) Use the closed-form approximation 
with A = 1 to calculate the readout time necessary to achieve an effective 
matrix size of 1 28 if the FOV is 20 cm. (b) If the maximal amplitude is increased 
to 50 mT/m, by how much time is the readout shortened? 

Answer 

(a) Using 5 R0 = 200T/m/s = 20,000G/cm/s with Eqs. (17.117), 
(17. 130), and (17. 133) gives: 

= 7.958 x 10" 3 cm" 1 



2tt x 20 ci 

4257 Hz/G x 20,000 G/cm/s 



Using Eq. (17.132), the time 7 S to reach the maximal gradient 
amplitude G = 30 mT/m = 3 G/cm is: 



= \2 x 7.< 



3 x 4257 Hz/G x 3 G/cm 



.958 x lO^cm- 1 x (2887 s- 2 / 3 ) 2 / 
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From Eq. (17.134), the angle 6 S reached at time T s is 

A x 1.070 x 10 10 s" 2 x (0.024 s) 2 

6 S = ± rrr—^ = 240.2 rad 

1.070 x 10 10 s- 2 ■ 4/ , 

' + 2x2 S87s -^ (0 - 024s)/ 

From Eq. (17.120), the final angle to achieve an equivalent matrix size 
of 128 is: 



Because # max > S , the slew-rate-limited portion of the trajectory 
alone is insufficient to achieve the desired spatial resolution. Using 
Eq. (17.138) yields the final readout time: 



2 x4257Hz/G x 3 G/cm 
= 0.056 s 

(b) If Go is increased to 50mT/m or 5 G/cm, 7" s and 9 S increase to: 

/ 3 x 4257 Hz/G x 5 G/cm \ 3 

71 = 1 - I = 112s 

s V2 x 7.958 x 10- 3 cm" 1 x (2887s- 2 / 3 ) 2 / 

and 

A x 1.070 x 10 10 s- 2 x (0.112s) 2 



2 x 2887 s- 2 / 3 



•(0.112s) 4/3 



Because 9 max < 0$, the trajectory remains slew-rate-limited for the 
entire readout. From Eq. (17.137): 



acq 3 )j2 x 4257Hz/G x 20,000G/cm/s x (20cm/128) 3 

= 0.052 s 

The time saved by using the higher gradient amplitude is 0.056 — 
0.052 s — 0.004 s. This example illustrates that increases in gradient 
amplitude are of little benefit unless accompanied by corresponding 
increases in slew rate. 
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17.6.2 Variations 

The design method summarized by Eq. (17.127) keeps the magnitudes of 
the gradient and slew rate vectors constant as they rotate. (Note that the gradi- 
ent and slew-rate vectors are defined in Eqs. 17.121-17.124.) For multiple 
interleaves, the waveforms are calculated for one interleaf and successive inter- 
leaves are obtained by logical-to-physical gradient axis rotation, as described 
in Section 7.3. The constraint in Eq. (17.127) guarantees that the gradient amp- 
litude and slew rate are not exceeded for any 9 value. Although it simplifies the 
waveform calculation, the design constraint also results in a longer readout for 
fixed-prescription parameters. Better performance is achieved if we allow the 
individual Cartesian components G x (t), G y (t), SR x (t), and S^ y (t) to reach 
their maximum amplitudes. This constraint results in gradient and slew-rate 
vectors with amplitudes that depend on 9. For example, G(t) and Sr(?) are 
V2 larger for 9 = n/A, 3n/A, and so on than for 9 = using this strategy. 
Duyn and Yang (1997) shows an example of this design for single-shot spirals 
in which the waveforms are triangles and trapezoids. These ideas are similar 
to the ideas used in optimizing gradient waveforms for oblique plane imaging 
(Section 7.3). 

Spiral scans can be extended to use anisotropic spatial resolution and 
asymmetric FOV (King 1998). With Cartesian k-space trajectories, the main 
benefit of anisotropic (rectangular) FOV is scan-time reduction without loss 
of spatial resolution. With spirals, spatial resolution and FOV are coupled 
because increasing either the radial distance between spiral turns (Ah) or the 
speed of traversal in k-space increases spatial resolution for a fixed readout 
time, although at the expense of reduced FOV. For spirals, the primary bene- 
fit of anisotropic spatial resolution and asymmetric FOV is increased spatial 
resolution in the direction of reduced FOV with less blurring (less additional 
readout time) than would result if the resolution were increased in all direc- 
tions. Scan time is the about the same for asymmetric FOV spirals if the same 
number of interleaves is used. Waveform design, however, is correspondingly 
more complicated. 

Variable density spirals use higher radial sampling density (i.e., smaller 
radial distance Ak) near the center of k-space. In one variation, the center 
portion of k-space is sampled at the Nyquist frequency while the outer part is 
undersampled, so that all low spatial frequencies are fully sampled every TR 
period while the high spatial frequencies are fully sampled once per k-space 
acquisition. When applied to a time-resolved study, variable density spirals 
can provide high temporal resolution for low-spatial-frequency information, 
similar to keyhole methods (Section 1 1 .3) and has been used for bolus tracking 
(Spielmanetal. 1995). In another variation, the outer part of k-space is sampled 
at the Nyquist frequency while the center of k-space is oversampled in order 
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to reduce aliasing artifacts if the patient extends outside the FOV (Tsai and 
Nishimura 1999). Variable density spirals have also been used in spectroscopic 
imaging to reduce truncation artifacts by allowing increased k-space coverage 
for a fixed readout time (Sarkar et al. 2002). Full density is used in the center 
with reduced density in the outer regions. A closed-form approximation has 
been developed to facilitate the calculation of variable density spiral gradient 
waveforms (Kim et al. 2003). 

Reversed spirals start at the edge of k-space and spiral in rather than starting 
at the center and spiraling out (Bornert et al. 2000). This gives longer TE and 
increased T 2 * weighting without compromising the data acquisition efficiency 
and increasing the total imaging time, somewhat analogous to gradient-echo 
EPI with the center of k-space sampled using a later echo. The reversed spiral 
method has been used for fMRI to increase the sensitivity to BOLD contrast 
(Glover and Law 2001). 

RARE spirals are a combination of RARE with spiral readout gradients 
(Block et al. 1997). The pulse sequence uses multiple RF refocusing pulses 
similar to RARE. The spiral trajectory samples an annular portion of k-space 
after each refocusing pulse. In doing so, the data acquisition efficiency can be 
better than that in a conventional spin-echo or gradient-echo spiral sequence. 
In this respect, RARE spirals are somewhat analogous to the GRASE pulse 
sequence with Cartesian k-space trajectories. In GRASE, multiple gradient 
echoes, traversing several lines of k-space, are collected for each RF refocus- 
ing pulse. In RARE spirals, multiple spiral turns are traversed for each RF 
refocusing pulse. The method has been applied to ^-weighted imaging. 

Several 3D spiral variations have been developed. The simplest k-space 
trajectory is a stack of identical 2D spirals with Fourier encoding in the slice 
direction. This method samples a cylindrical volume in 3D k-space. The data 
are reconstructed with a Fourier transform in the slice-encoded direction (i.e., 
k z direction), followed by gridding in the k x - k y planes. More efficient meth- 
ods sample an elliptical volume in k-space. A stack of spirals can be used 
where the maximum spiral radii differ at each k z location. The data are recon- 
structed by gridding in three dimensions. Additional trajectories are described 
in Irarrazabal and Nishimura (1995). 

Twisting radial line (TWIRL) is a hybrid of projection acquisition 
(Section 17.5) and spirals, in which the k-space trajectory starts as a radial 
spoke and spirals (or twists) away from the k-space center in either 2D (Jackson 
et al. 1992) or 3D (Boada et al. 1997). By using a spiral trajectory away from 
the center of k-space, TWIRL gains some efficiency in the rate of k-space 
coverage compared to projection acquisition. The use of projection acquisi- 
tion near the center of k-space results in a shorter readout time and reduced 
blurring compared to a full spiral trajectory. For example, using a 3D TWIRL 
sequence known as twisted projection imaging, a submillisecond TE can be 
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achieved (Boada et al. 1997), enabling imaging of NMR-active nuclei with 
very short T2 s, such as 23 Na. 



17.6.3 Blurring Corrections 

Blurring in spiral scans is generally spatially dependent and comes from 
resonance frequency offsets caused by Bo inhomogeneity, local susceptibility 
variations, and chemical shift offsets. The Bo inhomogeneity usually varies 
relatively slowly over the patient, whereas the susceptibility can vary greatly 
over short distances. Both types of effects are patient-dependent and require 
careful shim adjustment, as well as additional corrections to produce acceptable 
image quality. 

The amount of blurring increases with the duration of the readout time per 
interleaf T acq . For spirals that are entirely slew-rate-limited (i.e., never reach 
Go), Tacq = 7s is given by Eq. ( 1 7. 1 37). In the other extreme, for spirals that are 
almost entirely gradient-amplitude-limited (i.e. with r acq » T s ), the readout 
time is described approximately by (King 1998): 



(17.139) 



" 8/V shot Av(A*) 2 



Equations (17.137) and (17.139) show that T acq can be reduced by decreasing 
L, increasing /V s h t, or increasing Ax. In the case of gradient-amplitude-limited 
spirals, Eq. (17.139) also shows that T acq can be reduced by increasing the 
receiver bandwidth A v. (In the slew-rate-limited case, r acq is independent of 
the receiver bandwidth because, according to Eq. 17.1 18, changing Av while 
keeping L constant changes Go, but changing Go leaves 7 acq unaffected if that 
gradient amplitude is never reached.) 

Unfortunately, all of these changes can be detrimental in some way. For 
example, decreasing L increases aliasing if the patient extends outside the 
FOV, increasing N^ ol increases scan time, increasing Ax decreases spatial 
resolution, and increasing Ay decreases the SNR. In other words, all pro- 
tocol changes that reduce blurring are undesirable for some other reason and 
carry some trade-off. Conversely, many imaging protocol improvements cause 
more blurring. This is why postprocessing blurring corrections are essential 
for satisfactory spiral image quality in most applications. 

Most blurring corrections require a field map that describes the offset 
frequency as a function of spatial location. For moderate blurring, the field map 
can be obtained using a modified two-point Dixon acquisition (Section 17.3) 
that acquires two images at different echo times. The echo-time difference is 
selected to map the expected frequency dynamic range into a range of 2n in 
the phase-difference map. (An example of the phase-difference map scaling 
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is given in Example 13.2.) The field map images are created from two single- 
shot spirals that are appended at the beginning or end of the imaging spirals. 
A field map for each scan plane is usually constructed. Unfortunately, if large 
resonance offsets are present, the spiral field map itself can be blurred or 
distorted so much that it is of limited use for blurring corrections. 

Linear correction is the most commonly used method because it has almost 
no reconstruction time penalty (Irarrazabal et al. 1996). In this method, the off- 
set frequency Af is modeled as a linear function of the scan plane coordinates. 
For 2D scan data: 

Af = f + f x x + f y y (17.140) 

where x and y are the spatial variables in Cartesian coordinates. The constants 
/o (in units of hertz), and f x and f y (in units of hertz per centimeter, Hz/cm) can 
vary for each scan plane. The accumulated image phase due to the resonance 
offset is: 

A<f> = In Aft = 27i(fo + f x x + f,y)t (17.141) 

Equation (17.141) can be recast as: 

A<p = 2nf t + 2nAk x (t)x + 2n Ak y {t)y (17.142) 

which is the phase that would result from a pixel-independent frequency offset 
/o plus time-dependent k-space shifts Ak x and Ak y . Comparing Eqs. (17. 141) 
and (17.142) gives: 

Ak x (t) = f x t 

(17.143) 
Ak y (t) = f,t 

The spiral scan k-space data are: 

5(0 = I M(x, y)e ^(k x x+k,y) e ih<p(x.y,t) dx dy (17.144) 

Substituting Eq. (17.142) into Eq. (17.144) gives: 

5(0 = e i27tfot f M(x, y)e ^i(k,+^ x )x+(k y +Ak,)y] dx dy (17 . 145) 

The off -resonant phase accumulation can be removed by first demodulating 
the raw data (i.e., multiplying it by e ~ i2nfo ') to remove the frequency offset 
/o. During gridding the k-space locations are then shifted by the amounts 
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given in Eqs. (17. 143). The correction values /o, f x , and f y are obtained from 
least-squares fitting of a two-point Dixon field map, as discussed previously. 

The only substantial penalty for this correction is the extra time to acquire 
the field map spirals. Unfortunately, this correction does little for susceptibility- 
induced blurring because the spatial frequency variation of such effects usually 
cannot be fit by a linear function alone. 

Blurring with nonrectilinear k-space trajectories is difficult to correct 
because the phase accumulation is dependent on both spatial position and 
k-space position (time). If either dependency were absent, the correction 
would be much more straightforward. For example, if the phase accumula- 
tion were independent of spatial position, the correction would only require 
the demodulation of the raw data prior to gridding. Conversely, if the k-space 
(time) dependence were absent, the resonance offset would only give a pixel- 
dependent phase in the image that could either be ignored (for magnitude 
imaging or applications that use phase differences) or removed with a complex 
multiplication. 

Frequency-segmented (Noll et al. 1992) and time-segmented (Noll et al. 
1991) corrections use these ideas to give an approximate deblurred image. In 
frequency-segmented corrections (Figure 17.63), the frequency offset range is 



Frequency 
segment 1 


e i2xt,l 






Frequency 
segment 2 


e ,2,! 2 t 






Frequency 
segment N seg 


e «*W 




FIGURE 17.63 Frequency-segmented deblurring. The off-resonance frequency range 
is divided into /Vseg segments. Deblurred images are reconstructed at each frequency. 
The final image is a pixel-dependent combination of the /Vseg deblurred images. 
A nearest neighbor combination is shown. 
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broken into several equally spaced bins (i.e., frequency segments). The k-space 
data are demodulated with several different frequencies, one for each bin, and 
each demodulated k-space data set is reconstructed into a separate image. The 
deblurred image at each pixel location is found by noting the frequency offset 
for that pixel from the frequency map and then constructing a pixel value 
corresponding to that frequency offset from the same location in the set of 
demodulated images. For example, the image deblurred with the frequency 
nearest the map value could be used at each pixel. It can be advantageous to 
use combinations of the images from all deblurring bins Man et al. (1997). 

In time-segmented corrections (Figure 17.64), the raw data set is broken 
into several time ranges (time or k-space segments). The k-space data for each 
time segment are reconstructed into an image. Each image is deblurred using 
the frequency map and an approximate constant elapsed time for that k-space 
segment. The final image is the sum of the deblurred images for each k-space 
segment. 

Both frequency-segmented and time-segmented corrections require the 
reconstruction of multiple images, leading to long reconstruction times. The 
number of bins (i.e., number of separate images) that must be reconstructed is 
approximately 4(/ max — / m i n )r a cq where f max and / m i n are the maximum and 
minimum resonance frequency offsets in the image, respectively (Moriguchi 
et al. 2003). For example, for f max - f min = 210 Hz, and r acq = 16ms, 
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FIGURE 17.64 Time-segmented deblurring. The k-space data are divided into A' seg 
time segments. Separate images are reconstructed for each time segment and deblurred 
using a pixel-dependent frequency map. The final image is a sum of the iVseg deblurred 
images for each time segment. 
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approximately 13 to 14 bins would be needed. The resulting computational 
burden has prevented segmented deblurring corrections from being used 
routinely. 

Simulated phase evolution rewinding (SPHERE) first reconstructs an 
initial estimate of the image without deblurring (Kadah and Hu 1997). The 
estimated image along with a frequency offset map are then used to produce 
a corrected set of k-space data with the resonance offsets removed. The cor- 
rected k-space data are then inverse-Fourier-transformed to produce the final 
image. SPHERE is also computationally intensive, but can achieve reconstruc- 
tion times similar to time- and frequency-segmented deblurring when similar 
approximations are made. 

Block regional off-resonance correction (BRORC) is a variation of 
frequency-segmented deblurring with shorter reconstruction time (Moriguchi 
et al. 2003). The first step is to reconstruct a complex blurred image. The 
blurred image is then subdivided into blocks (e.g., 16x16 pixels) that par- 
tially overlap, and each block is Fourier transformed into k-space. The k-space 
data for each block are deblurred with a single frequency chosen from the fre- 
quency map for the center of the block and inverse-Fourier-transformed back 
into image space. The deblurred blocks are then reassembled, usually retaining 
only a smaller central block of pixels (e.g. 8 x 8) to reduce artifacts. Time is 
saved because the blocks use smaller FFTs than frequency-segmented deblur- 
ring of the full image would require. Further time can be saved by deblurring 
only sections of the image of clinical interest. 

The effect of a spatially dependent resonance offset with spirals is approxi- 
mately equivalent to convolution of the image with a spatially dependent point- 
spread function that is the inverse Fourier transform ofe' 2n ^ x,y ^^ kx,k y\ where 
t(k x , k y ) is the elapsed time during the spiral readout (Noll et al. 1992; Kadah 
and Hu 1997). The image can therefore be corrected by deconvolution with a 
spatially dependent kernel that is approximately the inverse Fourier transform 
oie -i27Tf(x,y)t(k x ,k v ) (Ahunbay and Pipe 2000). For spiral trajectories that are 
mostly gradient-limited (i.e., T acq ;» T s ), the elapsed time during the readout 
is proportional to the square of the k-space radius, that is, t{k x ,k y ) <xk 2 +k 2 . 
The correction kernel then becomes separable in the x and y directions. The 
separability gives a substantial speed improvement in the convolution step 
because two ID convolutions are much faster than a single 2D convolution 
of the same size. The image-space correction works as well as the segmented 
corrections for gradient-limited spiral prescriptions and is much faster. 

Concomitant fields (Section 10.1) cause spatially dependent blurring that 
is similar to the effect of off-resonant spins. The blurring can be corrected 
using either the segmented corrections or the image-space correction. The 
concomitant fields drop out of the phase-difference image used to calculate a 
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frequency map using the modified Dixon method, and therefore the frequency 
offset must be calculated analytically using Maxwell's equations. King et al. 
(1999) discusses applying the segmented correction methods to concomitant 
fields. 



17.6.4 Practical Considerations 

In contrast to other fast imaging methods such as EPI, RARE, and GRASE, 
eddy currents are usually not a significant problem for spirals on modern 
commercial scanners that have shielded gradient coils and eddy-current pre- 
emphasis. Whereas, even with optimal preemphasis, reference scans and phase 
corrections are usually necessary with the other pulse sequences to remove 
ghosting artifacts, spirals typically do not require anything more elaborate than 
an adjustment of the A/D window location relative to the spiral readout gradi- 
ent. This is because, to a first-order approximation, linear eddy currents with 
short time constants simply cause an apparent delay of the resulting physical 
gradient waveform (see Section 10.3). Therefore gradient and receive chain 
group delays and short-time-constant linear eddy currents can be simultan- 
eously corrected by adjusting the location of the A/D readout window. Eddy 
currents typically have different time constants and amplitudes on the x, y, 
and z physical axes (Aldefeld and Bornert 1998). Therefore, the correspond- 
ing time delays are usually slightly different for each axis, and a single delay 
is not optimal. Using a different delay value on each physical axis is seldom 
practical and, as a compromise, a single empirically optimized delay is used 
for all three axes and usually gives adequate image quality. 

In the event that residual group delay differences between axes are signifi- 
cant (due to either the gradient amplifiers or eddy currents), their effect can 
be further reduced by using an off-center spiral trajectory (Tsai et al. 2000). 
This method uses small prephasing gradients to displace the beginning of the 
k-space trajectory slightly away from the origin of k-space (e.g., a distance of 
5% of 2& max . To lowest order, the resulting distortion is a slowly varying linear 
phase in the image instead of the shading that would normally result. 

Another problem with using spirals on some commercial scanners is poor 
fidelity of the current waveform produced by the gradient amplifier. This can 
result from specific trade-offs in gradient amplifier design that give optimal 
fidelity for some waveforms, such as trapezoids, at the expense of others. Poor 
gradient amplifier fidelity can sometimes be difficult to distinguish from very 
severe eddy currents. For either case, severe waveform distortion can cause 
spiral images to be blurred, shaded, and rotated (Spielman and Pauly 1995). 
In such cases it is usually necessary to measure the gradient waveform or, 
equivalently, the k-space trajectory (Mason et al. 1997; Papadakis et al. 1997; 
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Zhang et al. 1998; Alley et al. 1998; Duyn et al. 1998). Because spirals usu- 
ally use gridding reconstruction, the trajectory measurement can be used for a 
correction that places the data at the measured, instead of the nominal, k-space 
locations. Because the trajectory distortion is strongly dependent on the spiral 
gradient waveform, changing the FOV, readout bandwidth, or number of inter- 
leaves usually changes the distortion. Trajectory measurement is therefore 
most practical for applications such as fMRI that use the same prescription 
parameters for each scan. Otherwise the trajectory has to be remeasured 
for each new set of parameters. Trajectory measurement and correction 
has also been beneficial for 2D spiral RF excitation (Takahashi and Peters 
1995). 
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APPENDIX 



I 



Table of Symbols 



The symbols defined in this appendix are used throughout multiple sections 
of the book. Additional symbols are also defined in the individual sections 
as needed. Also, in some sections, the same symbols that are listed in this 
appendix are used to denote a different parameter or variable to better match 
the use in the literature. Those specific situations are noted in the individual 
sections as they arise. 



1 . Basics Physical Quantities 



Angular frequency 


co (rad/s) 


Frequency 


/(Hz) 


Gyromagnetic ratio 


Y (rad/(s-T)) 


Phase 


<p, cp, or ty 


Time 


t (ms or s) 


Velocity 


v (m/s) 


Magnetic Fields 




Concomitant magnetic field 


B c (T or G) 


Effective magnetic field 


fieff (T or G) 


Main magnetic field 


Bo(TorG) 



Radiofrequency (RF) magnetic field 



i(MT) 
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3. Magnetic Field Gradients 



Generic magnetic field gradient 


G (mT/m, or G/cm) 


Maximum gradient amplitude 


h (mT/m) 


Rise time 


r (ms) 


Slew rate 


S R (T/m/s) 


Gradient area (vs. time) 


A (mT-s/m) 


Gradient moments 




Zeroth moment 


mo (mT-s/m) 


First moment 


m\ (mT-s 2 /m) 


Second moment 


m 2 (mT-s 3 /m) 


nth moment 


m„ (mT-s n+1 /m) 


Frequency-encoding (or readout) gradient 


G x (mT/m) 


Phase-encoding gradient 


G y (mT/m) 


Slice-selection gradient 


G z (mT/m) 


Physical X gradient 


G x (mT/m) 


Physical Y gradient 


G Y (mT/m) 


Physical Z gradient 


G z (mT/m) 


Diffusion gradient 


Ga (mT/m) 


4. Radiofrequency (RF) Pulses 




Flip angle 


9 (rad or degrees) 


RF pulse width 


T (ms) 


RF pulse bandwidth 


A/ (Hz) 


Specific absorption rate 


SAR (W/kg) 


Time-bandwidth product 


TAf 


5. k-Space 




k-space signal 


S(k x ,k v ) for 2D 




S(k x ,k y ,k z )for3D 


k-space variables 


k x ,ky,k z (m- 1 ) 


6. Magnetization 




Equilibrium magnetization 


M 


Magnetization components 


M x ,M y ,M z 
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Longitudinal magnetization 


M B = M z 


Transverse magnetization 


M ± = M x +iM } 


Spatial Variables 




Generic spatial variable 


r(m) 


Variables in Cartesian coordinates 


x,y,z(m) 


(logical axes) 




Variables in Cartesian coordinates 


X, Y, Z (m) 


(physical axes) 




Data Acquisition Parameters 




Acquisition time 


r acq (ms or s) 


(within the readout window) 




£>-value 


b (s/mm 2 ) 


Echo spacing 


f eS p (ms or s) 


Echo train length 


/V E tl or Neti 


Echo time 


TE (ms or s) 


Effective echo time 


TE e ff (ms or s) 


Field of view 


L x ,L y ,L z ,L 




(mm or cm) 


Image matrix size 


N X ,N Y ,N Z ,N 


Inversion time 


TI (ms or s) 



k-space matrix size n x , n y , n z 

Number of frequency-encoding points n x 

Number of phase-encoding steps n v , Aphase or Aphasi 

Number of slice-encoding steps (3D) n z or A r p hase2 

Number of 2D acquisitions A aC q 

Number of slices per TR in 2D acquisitions A s ii ce , a cq 

Number of shots or interleaves A s h t 



Number of signal averages 
Number of coils/channels 
Receiver bandwidth 



Repetition time 

Sampling time per complex point 

Slice offset 

Slice thickness 

Spatial resolution 



NEX 

N c 

±Av (kHz) 

(full receiver bandwidth 

is2Av = 1/Af) 
TR (ms or s) 
At or t sp (ms or s) 
8z (mm) 
Az (mm) 
Ax, Ay, Az (mm) 



9. Spin Physical Properties 

7 2 * relaxation time (also known as 
apparent spin-spin relaxation time) 
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Chemical shift 
Diffusion coefficient 
Magnetic susceptibility 
Perfusion 
Spin density 

Spin-lattice relaxation time 
Spin-spin relaxation time 



A/cs or / cs (Hz) 
D (mm 2 /s) 
X 

P(ml/100g/mm) 
p(x,>')for2D; 
p{x,y,z) for 3D 
T\ (ms or s) 
Ti (ms or s) 



10. Signal and Noise 



mage noise 


a 


mage signal 


I 


mage signal-to-noise ratio 


SNR 


c-space signal 


S 



1 1 . Mathematical Notation 

Belongs to 

Does not belong to 

Complex conjugate 

Magnitude of complex number Z 

Phase of complex number Z 

Convolution 

Fourier transform 

Identity matrix 

Inverse Fourier transform 

Inner product 

Integer part of a number x 

Matrix A 

Mean value of x 
Modulo n of integer m 
Multiplication or vector cross-product 
Proportional 



arg(Z) or ZZ 



I 
FT" 



x or (x) 
MOD (m, n) 
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Tensor D 
Unit vectors 
Vector r 

Magnitude of vector r 

Special functions 

sin(x)/x function 
Rectangular function 
Ramp function 
Dirac delta function 



--lx,y,z] 



SINC(x) 

RECT 

RAMP 

Six) 
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Table of Constants and 
Conversion Factors 



1 . Physical Constants 






Gyromagnetic ratio y/27r (MHz/T) 




'H (proton) 


42.576 




7 Li 


16.546 




13 C 


10.705 




14 N 


3.0766 




15 N 


-4.3156 




17 


-5.7716 




23 Na 


11.262 




31p 


17.235 




Chemical shifts (ppm, 


using protons ii 


n tetramethyl silane Si(CH3)4 as 


a reference) 






Protons in lipids 


~1.3 




Protons in water 


4.7 




Protons in silicone 


-3.0 
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Approximate T\ relaxation times at 1 .5 T (ms) 



Brain white matter 


790 


Brain gray matter 


920 


Cerebrospinal fluid (CSF) 


4000 or longer 


Blood (arterial) 


1200 


Liver parenchyma 


490 


Lung 


830 


Myocardium 


870 


Skeletal muscle 


870 


Lipids 


260 


Approximate T2 relaxation 


times at 1.5 T (ms) 


Brain white matter 


90 


Brain gray matter 


100 


Cerebrospinal fluid (CSF) 


~2000 


Blood (venous) 


50 


Liver parenchyma 


40 


Lung 


80 


Myocardium 


60 


Skeletal muscle 


50 


Lipids 


80 



Diffusion coefficients (10 3 mm /s) 

Water (25°C) 2.4 

Brain gray matter ~0.6 

Cerebrospinal fluid (CSF) ~2.7 

Lipids -0.05 



2. Mathematical Constants 
;r= 3.141592654... 
e = 2.718281828... 



3. Conversion Factors 
1 T = 10000 G 
lmT/m = 0.1G/cm 
1 Hz = 10~ 3 kHz = 10" 6 MHz 
1 s = 10 3 ms = 10 6 |xs 
1 radian = 57.295 . . .° 



APPENDIX II Table of Constants and Conversion Factors 



tera (T) 


10 12 


giga (G) 


10 9 


mega (M) 


10 6 


kilo (k) 


10 3 


centi (c) 


10- 


milli (m) 


10- 


micro (|x) 


10- 


nano (n) 


io- 


pico (p) 


10" 


femto (f) 


io- 
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III 



Common Abbreviations 



This is a partial list of abbreviations that are used throughout the book. Other 
abbreviations are defined in individual sections as they are introduced. 



Carr-Purcell-Meiboom-Gill 


CPMG 


Cerebrospinal fluid 


CSF 


Continuous wave 


cw 


Contrast enhanced 


CE 


Diffusion-weighted imaging 


DWI 


Discrete Fourier transform 


DFT 


Echo planar imaging 


EPI 


Fast Fourier transform 


FFT 


Fast spin echo 


FSE 


Field of view 


FOV 


Fluid-attenuated inversion recovery 


FLAIR 


Fourier transform 


FT 


Free-induction decay 


FID 


Gradient and spin echo 


GRASE 


Gradient echo 


GRE 


Inverse Fourier transform 


IFT 


Inversion recovery 


IR 


Magnetic resonance 


MR 


Magnetic resonance angiography 


MRA 


Magnetic resonance imaging 


MRI 


Phase contrast 


PC 


Point-spread function 


PSF 



APPENDIX III Common Abbreviations 



Radiofrequency 


RF 


Rapid acquisition with relaxation enhancement 


RARE 


Region of interest 


ROI 


Shinnar-Le Roux (algorithm) 


SLR 


Signal-to-noise ratio 


SNR 


Spin echo 


SE 


Short TI inversion recovery 


STIR 


Specific absorption rate 


SAR 


Steady-state free precession 


SSFP 


Time-of-fiight 


TOF 


Turbo spin echo 


TSE 



Index 



Note: Page numbers in italics indicate ilk 

Abbreviations, table of, 963-964 
Acceleration compensation (second-order 

GMN), 332, 333-334 
Acceleration encoding, 284, 284 
Acceleration factor, 522 
Accept/reject algorithm with navigator 

processing, 465^66, 467 
Activation (depolarization), 445, 445^146 
ADC mapping, 831, 831, 843-845, 852 
A/D converter. See Analog-to-digital (A/D) 



ADCs (apparent diffusion coefficients), 83 1 
Adiabatic condition, 179-180, 180, 190, 191, 
195,207-208,211-212 
derivation of, 198-199 



= secant pulse, 195, 196, 196-197 
:ation, 180-181,782 
:ation pulses, 177-189,207 
of, 189 



in hyperboli 
Adiabatic t 
Adiabatic e 
applicati 

Bi -independent rotation pulses, 178, 184-18* 
adiabatic condition and, 1 80 
BIR-1 pulse, 186 
BIR-2 pulse, 186 
BIR-4 pulse, 187-188,788 
design and implementation, 183-184, 184, 

185 
modulation functions, 182-183 
Adiabatic inversion, 190 

flow-induced, 817-819, 878 
Adiabatic inversion pulses, 189-199, 201, 207 
applications of, 197, 198 



page numbers followed by / indicate tables, 
m pulse. See 



, 190-193,792 



hyperbolic secant 
Hyperbolic si 

principles of adiat 

spatially nonselective, 193 

spatially selective 
applications, 197, 798 
design of, 194-197 

STIR with, 624 

used in EPISTAR, 808, 808 

used in FAIR, 810-81 1,877 
Adiabatic passage principle: 

adiabatic excitation pulses and, 179-180, 780 

adiabatic inversion pulses and, 190, 191 

in adiabatic refocusing pulses, 200, 204, 
204-205 

flow-induced, 816 
Adiabatic refocusing, 201-208 

off-resonance effects, 201, 207-208, 208 
Adiabatic refocusing pulses, 85, 86, 200-212, 
207 

applications, 212 

design principles, 202, 208-21 1 

practical considerations, 211-212 
Adiabatic RF pulses, 31, 32, 177-212 

excitation pulses. See Adiabatic excitation 

inversion pulses. See Adiabatic inversion 
refocusing pulses. See Adiabatic refocusing 
VR design principles and, 55 



AIT (available imaging time), 449, 449-450 
Alias-free sampling with spiral scans, 936 
Alias-free zone with PA, 906 

anti-alias filters, 260, 368, 369, 370 
azimuthal aliasing, 937, 938 
cylindrical, with 2D RF pulses, 136 
flow (velocity) aliasing, 665, 666, 676 
gridding image reconstruction and, 507, 

519-521,520 
parallel image reconstruction and, 528, 529, 

531 
in PC angiography, 561 , 562 
phase-encoding step size and, 260, 261 
in phase map, 558 
rectangular FOV and, 499 
reducing, 637, 781,752 
Aliasing artifacts, 1 7 
in 2D PA, 900, 906 
in 3D acquisition, 434-436, 434^36 
removal or attenuation during gridding, 

507-508, 508, 509 
in spiral acquisition, 933-934, 934, 937 
Aliasing velocity, See Velocity encoding 

(VENC) 
Alternative GRASE (altGRASE), 761 
Amplitude modulation functions: 
in adiabatic excitation pulses, 182-183 
in adiabatic inversion pulses, 190 
in adiabatic refocusing pulses, 201-202, 202 
in hyperbolic secant pulse, 194, 196 
Amplitudes of eddy currents, 3 1 8 
Analog anti-alias filter, See Aliasing, anti-alias 

filters 
Analog receiver, 373, 373-374 
Analog-to-digital (A/D) converter, 367 
DC offset in, 373-374 
dynamic range of, 432 
Angiographic displays, 686, 697-698 
Angiographic pulse sequences, 575, 648-698 
black blood angiography. See Black blood 

angiography 
phase contrast. See Phase contrast 
angiography 
CEMRA. See Contrast-enhanced magnetic 

resonance angiography 
practical considerations, 695-698 

angiographic displays, 686, 697-698 
signal-loss mechanisms, 695-697, 
696, 698/ 
time-of-flight. See Time-of-flight 
angiography 



Angiography: 

3DTOF. See Three-dimensional time-of-flight 
MR angiography 

contrast-enhanced. See Contrast-enhanced 
magnetic resonance angiography 

fluoroscopically triggered MR angiography, 
403, 403^04 

partial (fractional) echo technique in, 
250-251, 251, 253 

phase contrast. See Phase contrast 
angiography 
Angular frequency, 8 
Angular sampling effects, 900, 906 
Angular undersampling, 401 
Anisotropic diffusion. See Diffusion anisotropy 
Anisotropic spatial resolution, 944 
Anti-alias filters, 260, 368, 369, 370 
Anti-parallel interleaf scheme, 725 
Apodization (windowing): 

in Fourier image reconstruction, 494-498, 
496-499 

in spiral acquisition, 928, 928-929 
Apodization windows, 39-40, 39-41, 73, 74 
Apparent diffusion coefficient mapping (ADC 

mapping), 576, 831, 843-845 
Apparent diffusion coefficients (ADCs), 83 1 
Apparent T,, 813-814 
Apparent T 2 (T 2 *; T 2 star), 581-582, 641 
Apparent temporal resolution, 395-396 
Approach to steady state, 588, 588-589, 595, 

682 
Approximate solution for spirals, 941-943 
Archimedean spirals, 515, 936 
Arctangent function: 

four-quadrant (ATAN2), 561-564, 562, 565 

phase wrapping caused by, 552 

two-quadrant (ATAN), 618 
Arctangent operation: 

calculating phase, 875 

in phase difference IR, 559, 560-562, 562 

order of application, 565 
Area of crusher gradients, 3 1 4-3 1 5 
Area of gradient lobe, 2 1 9-22 1 , 220 
Area of spoiler gradient, 354 
Area under blips, 128, 133 
Arrhythmia, 444, 451,453 
Arrhythmia rejection algorithm, 45 1 
Arterial flow suppression, 150, 150-151 
Arterial signal elimination, 826 
Arterial spin labeling. See Arterial spin tagging 
Arterial spin tagging (AST), 576, 802-826 

basic principles of, 805-807, S06 



803,816-822 

is AST pulse sequence, 819. 
819-820 
flow-induced adiabatic ir 
818 



7-819 



perfusion quantification, 820-822, 822 
perfusion parameters in, 803-805 

blood volume, 804 

mean transit time, 804-805 

perfusion, perfusion rate, and blood flow, 
803-804 

tissue-blood partition coefficient, 805 
multislice, 822-824, 823, 825, 826 
navigator echoes used in, 455 
perfusion pulse sequence for, 109. 802-826 
practical considerations, 825-826 

arterial signal elimination, 826 

asymmetric MT effects, 825 

slice profile, 826 

specific absorption rate, 826 
pulsed, 803, 807-816 

EPISTAR, 807-810, 808, 810 

FAIR, 810-813,8// 

quantitative perfusion calculation, 813-816 

slice profile and, 826 
Artifacts: 

aliasing artifacts. See Aliasing artifacts 
banding, 593-594, 594, 595-596, 596, 

601-602 
black boundary artifact, 602-603 
blurring. See Blurring 
caused by chemical shift. See Chemical shift 

caused by misregistration. See Misregistration 

caused by motion. See Motion artifacts; 

Patient motion 
caused by respiration, 455, 473, 481 
caused by undersampling, 381-382 
DC artifacts, 374, 420-422, 421, 435 
dispersion artifacts, 399 
in echo planar imaging, 703-704, 726-734 

chemical shift artifacts, 132, 732-733 

image distortion, 733, 733-734 

intravoxel dephasing, 733, 734 

Nyquist ghosts, 703, 726-732, 728, 730, 
731 

72*-induced image blurring, 704, 734 
eddy-current artifacts, 327 
EPI prone to. See Echo planar imaging 
FID artifact, 245, 421, 422 
flow displacement artifacts, 345, 348, 899 
Gibbs ringing, 431, 432, 492, 494-495, 505, 



548 
nagedist 



m artifacts, 734, 835 



off-resonance effects and, 208 

partial volume artifacts. See Partial volume 
artifacts 

phase cancellation artifact, 602-603 

pulsatile flow artifacts, 331, 62/, 650, 684, 
685 

quadrature imbalance artifacts, 642, 643 

reduction with GMN, 331 

reduction with respiratory gating, 479, 
479-481 

ringing artifacts, 43 1 , 432, 492, 494-495 

SE immunity to, 631 

signal loss and, 581-582,641 

in SPAMM sequences, 171 

spoiler gradients to eliminate. See Spoiler 
gradients 

spot or zipper artifacts, 420-422, 421 

stimulated echo artifact, 641-642, 643 

swirl artifacts, 508. 519 

toggled bipolar gradients for, 662-663, 663 

truncation artifacts, 431, 432, 492, 494-495, 
562 

Venetian blind artifact, 679, 688, 688, 689 

wraparound artifacts, 261, 499, 637 

See also Ghosting; Image artifacts 
ASL. See Arterial spin tagging 
AST. See Arterial spin tagging 
Asymmetric k-space sampling, 383 
Asymmetric MT effects, 825 
Asymmetric SINC pulses, 38 
ATAN2 (four-quadrant arctangent function), 

561-564,562,565 
Autocorrelation with navigator processing, 474 
AUTO-SMASH, 536, 537, 541, 541-542, 543 
Available imaging time See AIT 
Axis selection for spoilers, 354-356 
Azimuthal aliasing, 937, 938 
Azimuthal angle, 71, 941 
Azimuthal Nyquist sampling, 920, 937 
Azimuthal projection angles, 907, 908 



B Q eddy currents, 162 

preemphasis compensation, 324-325 

reducing effects of, 320, 321-322, 330 

spatially independent phase error and, 
727-728, 728 
B -fteld inhomogeneity: 

blurring and, 946 

composite pulses and, 893 

image distortion and, 503, 734 

lipid suppression and, 122 

phase errors caused by, 669 

in three-point Dixon, 867 
Bo-field mapping sequences, 298-299, 299, 319 
Bq (Larmor) reference frame, 28 



B shift cc 

B\ -independent refocusing (BIREF) pulses, 
200,211 

BIREF- 1, 202, 208, 209, 210-21 1 

BIREF-2a, 209 

BIREF-2b, 209 

BIREF-3, 209-210 
B\ -independent rotation (BIR) pulses, 178, 
184-188 

adiabatic condition and, 1 80 

BIR-1 pulse, 186 

BIR-2 pulse, 186 

BIR-4 pulse, 187-188, 188 
Bl inhomogeneity (or non-uniformity): 

CPMG phase cycling to reduce, 640 

DE preparation and, 893-894 

evaluating with SPAMM sequences, 1 76 

sensitivity to, 102 

SPSP pulse tolerance to, 153, 163 
B\ reference frame, 27-28 
Background signal in angiography, 404 
Balanced EPI, 735 

Balanced four-point acquisition, 673-674 
Balanced SSFP (true FISP), 147, 525, 596, 597/ 

catalyzing method, 595 

flow effects, 583, 604 

full-echo, 598, 600 

gradient echo spirals, 930 

with high flip angle, 601-602 

lipid suppression, 197, 601-602 

partial-echo, 598-599, 601 

in projection acquisition, 898-899 

response to RF excitation pulses, 592-595, 
594, 596 

in TOF and CEMRA, 680 

two-dimensional gradient echo, 399-400 
Banding artifacts: 

in balanced SSFP imaging, 593-594, 594 

multiple-acquisition SSFP and, 584/, 
595-596, 596, 601-602 
Band-limiting filter, 368, 369 
Band-selective, uniform-response, pure-phase 

(BURP) pulses, 116, 123 
Bandwidth: 

choice of, 375, 375-376 

off-resonance effects and, 725 

phase-encoding, 716, 723-724 

reduction of, 1 16, 368-369, 369 

in signal acquisition, 367-377 

variable (in SE), 643-644, 644 
Baseband, 373 
BASE technique, 8 1 3 
Bent-spoke readout, 919 
Bent-spoke trajectory, 904 
b-factor, 275 



Binomial RF pulses: 

implementation of, 100-103, 101, 102 
lipid suppression, 857 

mathematical description of, 97, 98-100, 99 
spatially selective, 102,702 
Binomial waveforms, 333-335, 333-336 
Biot-Savart law, 536 
Bipolar gradients: 

bipolar EPI readout gradient, 706, 706-707 

bipolar velocity-encoding gradient, 281-284, 

281-284 

aliasing velocity (VENC), 282, 287-288 

gradient first moment of, 281, 285-286 

in phase contrast angiography, 281, 282, 

299 
in velocity preparation, 283, 283-284 
diffusion-weighting. See Diffusion-weighting 

gradients 
in phase contrast angiography, 281, 282, 660, 

660, 662 
in quadratic nulling, 302, 302-303 
toggled, 282, 282, 299 

in gradient echo pulse sequences, 660, 

660-662, 661 
to minimize artifacts, 662-663, 663 
BIR. See B\ -independent rotation pulses 
Birdcage coils, 177, 189,798 
BIREF. See B\ -independent refocusing pulses 
Black blood angiography, 575, 648-658, 649 
nulling time in, 609-610 
pulse sequence methods, 650-658 

inversion recovery black blood methods, 
606, 652-658; cardiac triggering 
strategy, 657, 657; double inversion 
recovery (DIR), 629, 652-654, 653; 
multiple IR, 629; single inversion 
recovery, 652; SWI, 657-658, 658; 
triple inversion recovery (TIR), 629, 
654-657, 655, 656 
RARE and conventional RF spin echo, 648, 
649, 650-652, 657 
selective inversion pulses in, 608 
single-echo SE pulse sequences in, 640, 641, 
643-645, 644, 645 
Black boundary artifact, 602-603 
Blipped gradient: 

in 2D echo planar pulse design, 130, 131-132 
area under blips, 728, 133 
phase-encoding gradient, 775, 717, 777, 
771-772 
Bloch equations, 26-28 

in describing excitation pulses, 68, 68-71 
in describing inversion pulses, 77, 78-79, 80 
determining slice profile by, 43 



nonlinearity of, 42, 56-57, 73, 74 
effect on selective excitation pulses, 75 
slice profile and, 91, 92 

obtaining spectral profiles by, 1 17 

in quantitative perfusion calculation, 813-814 

in rotating reference frame, 26-28, 70 
Block reconstruction in parallel imaging, 

534-536, 535 
Block regional interpolation scheme for k-space 

(BRISK), 384, 387-389, 388 
Block regional off-resonance correction 

(BRORC), 950 
Blood: 

longitudinal magnetization of, 655-657, 656 

RF pulses and, 139, 140 

tissue-blood partition coefficient, 805 

unintentional MT saturation of, 1 14 
Blood flow: 

in arterial spin tagging, 803-804 

cerebral blood flow, 804, 824, 825 

cutaneous blood flow meter, 448 

regional cerebral blood flow, 804 

sensitivity to, in FAIR, 812 

velocity of, MR signal and, 142-145, 144r 
Blood flow effects: 

eliminating blood flow signal, 151-152, 
648-658, 649 

gradient moment nulling to reduce, 454 

inversion time to null, 653-654 

spatial misregistration of oblique flow, 636 
Blood flow imaging: 

flow direction, 664-665, 665, 675, 676, 685 

hyperintense blood signal, 580-581, 675 

hypointense blood signal, 648 

multiple IR, 629 

phase contrast. See Phase contrast 
angiography 

See also Contrast-enhanced magnetic 
resonance angiography 
Blood oxygenation level dependent (BOLD) 

contrast, 468^169, 719, 721, 763, 870, 945 
Blood-signal nulling, 608 
Blood volume: 

in arterial spin tagging, 804 

cerebral blood volume, 804 

regional cerebral blood volume, 804 
Blurring, 898 

caused by concomitant field, 950-951 

caused by resonance offset, 932-933, 933, 
934 

chemical shift offsets and, 946 

constant angular velocity and, 936 

corrections, 946-951, 948, 949 

deconvolution to reduce, 791-792, 950 

field maps for correction of, 946-947 



from off-resonance spins, 932-933, 933, 934 

in RARE, 791-792, 792, 793 

signal averaging to reduce, 792, 793 

72*-induced,704,734 

time-segmented deblurring, 948, 949, 949, 
950 

view reordering and, 487 
BOLD (blood oxygenation level dependent) 
contrast, 468-469, 719, 721, 763, 870 
Bolus chase techniques, 679, 695 
Bolus of labeled magnetization, 807 
Bolus tracking, 802-803, 944 
Boxcar (RECT function), 492 
Brain tissue perfusion, 804 
Breast imaging: 

lipid suppression, 857 

MRI-guided breast biopsy, 396, 397 



MTu: 



,105 



sagittal bilateral, 441 
silicone breast implants and, 8: 
spiral acquisitions, 935, 935 
Breath-holding: 

breath-held cardiac imaging: 



2Dsc 



s,464 



DIR and TIR images, 655 
gradient moment nulling and, 348 
with RARE, 893 
in respiratory gating and compensation, 475, 

477, 477-^79 
TRICKS acquisitions and, 391-392 
Breath-hold scans, 464, 478^)79 
Bridged gradient lobes, 221 
calculation of moments for, 339-341, 340? 
crusher pairs, 313-314, 314 
mathematical description, 223, 224-228 
time efficiency and, 222-224, 223, 224, 226, 

227 
trapezoidal, 223, 223-224, 224, 225-226 
triangular, 223, 224, 224, 226-227 
Bright blood angiography: 
CEMRA. See Contrast-enhanced magnetic 

resonance angiography 
time-of-flight, 649, 651, 651 
Bright lipid signals, in RARE, 795-797 
BRISK (blocked regional interpolation scheme 

for k-space), 384, 387-389, 388 
BRORC (block regional off-resonance 

correction), 950 
Brownian motion, 830, 832 
Bulk motion. See Patient (bulk) motion 
Bulk motion artifacts. See Patient (bulk) motion 
BURP (band-selective, uniform-response, 

pure-phase) pulses, 116, 123 
"Butterflies" in linogram imaging, 913-915, 914 



in diffusion-weighting gradients, 278, 

278-279, 279, 831-832, 835, 838-846, 
851,853 

practical considerations, 279-280 

Cancellation of eddy currents, 3 1 8 
Cardiac cycle, 388, 388-389 
Cardiac gating. See Cardiac triggering 
Cardiac imaging: 

balanced SSFP for, 898-899 
DE preparation for, 894-895 
gradient moment nulling and, 348 
interactive scan plane control in, 402, 402 
keyhole acquisition in, 387 
of left ventricle, 240-241, 241 
M-mode cardiac profiling, 136 
MR fluoroscopy in, 396 
partial echo technique in, 250-251, 251 
real-time, 401 

scan-time reduction in, 899 
segmented cardiac acquisitions (FASTCARD) 
interleaved acquisition, 417-418, 4/8 
prospective triggering used in, 448 
sequential acquisition, 415, 416 
using view sharing, 568, 570, 570-571 
use of BRISK in, 389 
using navigators, 455, 464-468 
navigator placement, 468 
phase reordering, 461, 466-467 
prospective gating, 461, 465^66 
pulse sequence and processing in, 464-465. 

465, 466 
retrospective respiratory gating, 467^168 
slice following, 461 , 466 
Cardiac phase, 415 
Cardiac triggering, 443^53, 444 
2D signal acquisition with, 415-418 
cross R-R acquisition, 418 
interleaved acquisition, 41 7-4 18, 418 
sequential acquisition, 415-417, 416 
in black blood angiography, 655, 657, 657 
practical considerations, 45 1^153, 452 
pulse sequence considerations, 448-45 1 , 449 
to reduce motion artifacts, 454^55 
triggering methods: 

ECG triggering, 444-448, 445, 447 
peripheral triggering, 448 
Carotid artery imaging: 

flow-related enhancement, 681, 683-684, 684 
PC angiography, 674 
real-time imaging, 403, 403 
Carrier frequency, 808, 809, 819-820 
Carrier frequency offset, 32, 268, 269 



Carr-Purcell-Meiboom-Gill (CPMG) conditions 
RARE sequences, 893 

non-CPMG RARE, 798 

signal pathways and, 784-791, 785, 786 
violation of, 836 
Carr-Purcell-Meiboom-Gill (CPMG) phase 

cycling, 640, 646 
Carr-Purcell-Meiboom-Gill (CPMG) pulse 

sequence, 422 
Carr-Purcell-Meiboom-Gill (CPMG) pulse train, 

315,778,778-779 
Carr-Purcell (CP) pulse sequence, 422 
Cartesian acquisitions, 228-229, 230 
linogram acquisition compared, 914 
2D, view order in, 439 
view sharing, 568 
Cartesian coordinate system, 21 
Cartesian grid, 512 
Cartesian k-space trajectories. See Rectilinear 

k-space trajectories 
Cartesian rasters, 380-381, 381, 419, 419 
Cartilage imaging, 105 
CASL. See Continuous arterial spin tagging 
Catalyzing methods, 595 
Catch-and-hold readout gradient, 708, 714 
Catheter tracking. 36 1 
Cayley-Klein parameters, 45-46, 47, 51 
CBF (cerebral blood flow), 804, 824, 825 
CBV (cerebral blood volume), 804 
CE-FAST (contrast-enhanced Fourier-acquired 

steady state), 584/ 
CE-FFE (contrast-enhanced fast field echo), 

584; 
CEMRA. See Contrast-enhanced magnetic 

resonance angiography 
CENTRA (contrast enhanced timing robust 

angiography), 262, 439-440, 440, 693 
Central slice theorem, 897 
Central volume theorem, 805 
Centric GRASE phase-encoding variation, 

749-750, 750, 751 
Centric k-space acquisition, 783 
Centric ordered phase encoding (COPE), 486, 

486-487 
Centric view order, 262, 419, 419 
Cerebral blood flow (CBF), 804, 824, 825 
Cerebral blood volume (CBV), 804 
Cerebral ischemia, 842 
Cerebrospinal fluid (CSF): 
attenuated, in IR-EPI, 721 
brain motion due to CSF pulsation, 470 
cord-CSF contrast, 890, 892, 892 
decreased signal from, 890 
as isotropic diffusion medium, 834 
nulling signals from, 625, 626, 627 



phase contrast imaging of. See Phase contrast 

angiography 
suppressing signals from. See 

Fluid-attenuated inversion recovery 
Characteristic values of matrix, 834, 847-848 
CHARM (chunk acquisition and reconstruction 

method), 689 
Chemically selective imaging, 1 17 
Chemically selective pulses. See Spectrally 

selective RF pulses 
Chemically selective saturation modules. 635. 

644 
Chemical shift(s), 558, 960 
in 2D RF pulses, 132-133 
blurring, 946 
Dixon's method and, 859-860 

extended two-point Dixon. 864-866. 87 1 
interchange of signals, 874-875 
:e condition and, 79 
:e spins and, 63, 64, 267, 269, 270 
in phase-encoded direction in EPI, 376 
resonant frequency and, 115-116, 503 
in selective 3D imaging, 438 
in slice-encoded direction, 437, 437^38 
slice thickness and, 427-428 
SLIP technique and, 151, 684, 685 
spectrally selective RF pulses and, 33 
in water and lipids, 121,269 
Chemical shift artifacts, 1 32 

choice of bandwidth and, 375. 375-376 
dual-echo GRE and, 583, 598, 602-603, 603, 

604; 
in echo planar imaging, 1 32, 703-704, 

732-733 
inGRE-EPI,717-718 
lipid signal in, 857 
misregistration artifacts, 874-875 
in mosaic EPI, 724 

of second kind, 583, 598, 602-603, 603, 604/ 
SE immunity to, 632 
in selective 3D, 437, 437^138 
slice thickness and, 427, 428 
spatial, 644-645, 645 
Chemical shift imaging, 257 
Chemical shift imaging with spectrum modeling 

(CSISM),881 
Chemical shift misregistration, 874-875 
Chemical shift offsets, 946 
Chemical shift selective (CHESS) imaging, 

122-123, 123 
Chirped pulses. See Adiabatic RF pulses 
Chirp-z transform, 9 1 5 
Chunk, 424 

Chunk acquisition and reconstruction method 
(CHARM), 689 



CINE imaging: 

interleaved acquisition, 417, 418 
retrospective gating used in, 417, 418, 448 
sequential acquisition, 4 1 5-4 11,416 
view sharing, 571 

Cine loop, MIP images in, 697 

Circular EPI, 735, 736 

Circular k-space trajectory, 382 

Circularly polarized Bi field, 24 

CISS. See Constructive interference in the 

"Classic" method of lipid suppression, 644-645, 

645 
Closed-form approximation for spirals, 942-943 
Coherence pathways, 785, 786, 786, 793 
Coil-noise correlation matrix, 530 
Coil-receiver pairs, 501 
Coil sensitivities: 

calibrating. See Sensitivity calibration 

multiple-coil reconstruction, 501, 502 

phased array coils, 522 
estimating, 524-525 
for SMASH, 532, 533-534, 534 

receiver coil sensitivity, 504 

sensitivity weighting, 532-533, 537 
Combined gradient lobes, 272, 272-273 
Combined phase and amplitude modulation, 741 
Compactly supported functions, 508 
Complex-difference subtraction method: 

in complex-difference reconstruction, 670, 
670,671 

in phase contrast angiography, 661 , 661, 662 

in velocity-tagged images, 289-290 
Complex numbers, properties of, 7/ 
Complex representation, 25 
Complex transverse magnetization, 72-74, 74 
Composite inversion pulses, 77 
Composite RF pulses, 31, 96-103 

implementation of, 100-103, 101, 102 

mathematical description of, 97, 98-100, 99 

refocusing pulses, 85 

in SPAMM tagging pulses, 165, 169-170, 170 

as tagging pulses, 165 
Compound-angle oblique prescription, 232 
Computational speed, FFT and, 17-18 
Computed tomography (CT): 

gridding used with, 514 

parallel-beam, 775, 897, 911' 

spiral scans compared, 937 
Concatenated saturation pulse, 150-151 
Concentric circular sampling, 255 
Concomitant-field correction gradients, 292-304 
Concomitant-field phase, 293, 297 



Concomitant-field phase error, 558, 564, 668 
correcting. See Concomitant-field cc 

in echo planar imaging, 304 

in phase contrast imaging, 668, 669 
Concomitant magnetic field, 558 

blurring caused by, 950-95 1 

crusher gradients and, 315 

effects of, 292-293 

image distortion and, 503, 734 

mathematical description of, 293-298 

Nyquist ghost caused by, 729 

phase correction for, 559 

phase errors caused by. See Concomitant-field 
phase error 
Conditioning of matrix, 53 1 
Conjugate phase reconstruction, 506, 512, 518 
Consecutive linear navigators, 458 
Consistency conditions in PA, 912 
Consistency criteria in Dixon's method, 875, 879 
Consistent acquisition, 399 
Consistent projection reconstruction (CPR), 

912-913 
Constant angular velocity spiral scans, 515, 936 
Constant interpulse delay time, 171, 171, 175 
Constant linear velocity spiral scans, 936 
Constant phase-encoding gradients, 714-717, 

715, 743-744 
Constant-phase ghost, 727-728, 728 
Constructive interference in the steady state 
(CISS), 584r, 597f 

multiple-acquisition SSFP, 595-596, 596 
Contiguous slices, 679, 680 
Continuous arterial spin labeling (CASL). See 

Continuous arterial spin tagging 
Continuous arterial spin tagging, 816-822 

continuous AST pulse sequence, 819, 
819-820 

flow-induced adiabatic inversion, 817-819, 
818 

irradiation frequency in, 823, 823 

perfusion quantification, 820-822, 822 
Continuous Fourier transform: 

inverse and, 7-9 

normalization of, 19 

shift theorem and, 1 
Continuous wave (CW) MT method, 107-108 
Contrast agents: gadolinium chelate, 675 

bolus, 689-690, 691 

in CEMRA, 689-691 

in fluoroscopically triggered MR angiography, 
403, 403, 404 

lipid signal and, 857 

in perfusion MR techniques, 802-803 



Contrast behavior in gradient echo acquisition, 

583, 592 
Contrast-enhanced fast field echo (CE-FFE), 

584r 
Contrast-enhanced Fourier-acquired steady state 

(CE-FAST), 584f 
Contrast-enhanced imaging, 387, 907, 935 
Contrast-enhanced magnetic resonance 

angiography (CEMRA), 145, 242, 575, 
679-680, 689-695, 698f 

black blood angiography and, 649 

cautions against keyhole acquisition in, 387 

CEMRA pulse sequences, 692-693 

contrast agent bolus, 689-690, 691 

gradient moment nulling and, 348 

moving-table methods, 695 

navigator echoes used in, 455 

oblique acquisitions in, 242 

ramp pulses used in, 145 

scan-time reduction in, 899 

with SENSE, 525, 526 

single-phase methods, 693, 694 

SNR and TR considerations, 691-692 

T\ reduction of blood, 690-691 

time-resolved and moving-phase methods, 
693, 695 
Contrast-enhanced MR venography, 693, 694 
Contrast enhanced timing robust angiography 

(CENTRA), 262, 439^40, 440, 693 
Contrast manipulation: 

inversion recovery pulse sequences for, 620, 
622, 622 

in RARE, 788-791, 789, 790 
Contrast-weighting factor, 634-635 
Control image: 

in arterial spin tagging, 808 

in continuous AST, 819, 820, 821 

in FAIR, 811, 811-812 

in UNFAIR, 813 
Conventional gradient echo, 704-706, 705 
Conversion factors, 961 
Convolution: 

in gridding, 507, 508, 508, 5 1 1-5 1 2, 572, 
518-519 

multiplication and, 10, 508, 508 
Convolution-based reconstruction. See Gridding 
Convolution function, 507 
Convolution theorem, 17, 97, 518 
COPE (centric ordered phase encoding), 486, 

486-487 
Correction gradients, 217, 292-361 
Correction kernel in spiral deblurring, 950 
Correlation method with navigator processing, 
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;lope modulation, 152 



Cosine factor in PRESTO, 768-769 

Cosine functions for adiabatic pulses, 1 83 

Cosine modulation of MT effect, 82 

Cosine taper window, 495^96, 496, 550, 551 

CPMG (Carr-Purcell-Meiboom-Gill) pulse train, 

315,778,778-779 
CPMG conditions. See 

Carr-Purcell-Meiboom-Gill conditions 
CPMG (Carr-Purcell-Meiboom-Gill) phase 

cycling, 640, 646 
CPMG (Carr-Purcell-Meiboom-Gill) pulse 

sequence, 422 
CP (Carr-Purcell) pulse sequence, 422 
CPR (consistent projection reconstruction), 

912-913 
Cross-axis quadratic nulling, 302-303 
Cross-correlation, 917-9 1 8 
Cross R-R triggering, 418 
Cross-talk of slices, 410-414, 411-413, 414/ 
Cross-term concomitant fields, 296 
Cross-term correction, 844 
Cross-term eddy currents, 322 
Crusher gradients, 217, 225, 305, 305-316 
accompanying refocusing pulses, 9 1 , 92 
accompanying SINC pulses, 42 
applications, 307, 315-316 
in arterial signal elimination, 826 
crusher pairs, 305, 305-306, 786, 787 
design considerations, 3 1 3-3 15,3/4 
in non-CPMG RARE, 798 
qualitative description, 306-308, 307, 308 
quantitative description, 308-3 1 3 
refocusing pulses with, 51, 57, 78, 272, 
272-273 
dephasing and rephasing effects, 307, 307 
multiple refocusing pulses, 309, 310, 310;, 

311-313 
single refocusing pulse, 307, 308-309 
spoiler gradients compared, 351 
use in GRASE, 315, 744, 760 
use in SE pulse sequences, 635 
for waveform symmetrization, 298, 298 
CSISIM (chemical shift imaging with spectrum 

modeling), 88 1 
CT (computed tomography), 514, 897 
Cubic spline interpolation, 500 
Cutaneous blood flow meter, 448 
CW (continuous wave) MT method, 107-108 
Cyclic motion-sensitizing gradient waveforms, 

284, 284-285 
Cylindrical magnets: 

image warping and, 502-503, 503 
shielded gradient coils in, 3 1 9, 322 



DANTE. See Delay alternating with nutation for 

Data acquisition efficiency, 407^108 
Data acquisition modes, 365 
Data acquisition order, 493 
DC artifacts, 374, 420-422, 421, 435 
DC offset, 373-374, 421, 421-422, 504 
DC point, 493 
DE. See Driven equilibrium 
Dead time, 407, 407, 409, 686 
Deconvolution, 791-792, 950 
DEFT. See Driven equilibrium 
Delay alternating with nutation for tailored 
excitation (DANTE), 96, 171-175 

applications of, 175-176 

design consideration, 173-175 

mathematical description, 171, 172-173 

qualitative description, 171, 171-172 
Delay time, 171, 176,808,811,821-822,824 
Demodulation, 370, 371-372 
Density compensation: 

in 2D RF pulse design, 129 

in gridding: 
generally, 514-515 
with trajectories that cross, 515-516 
Density compensation factor, 509 
Density compensation function, 910 
Dephasing: 

dephasing and rephasing effects, 307, 307 

FID signal, 720, 720 

gradient-dephasing lobe, 894, 894-895, 895 

gradient dephasing pulse, 148-149, 149 

off-resonance effects and, 208 

signal loss and, 892 

spin dephasing, 357 

susceptibility dephasing map, 870 

See also Intravoxel dephasing 
Dephasing gradient lobe. See Prephasing 



gradiei 



lobe 



Destructive interference, 359, 359 
DVT. See Discrete Fourier transform 
Diamond k-space coverage, 799, 799 



Diaphragm positior 


, 464, 465, 467-468 


Diastole, 446 




DIET (dual-interva 


echo train), 797 


Diffusion: 




amplitude attenu 


ation caused by, 869 


in biological tiss 


les, 832-834, 833 



Diffusion anisotropy: 
calculation of, 834, 847-848, 849 
determination of diffusion tensor elements, 

845-847 
measurement of, 830-832 
quantitative ADC mapping and, 845 
Diffusion coefficients, 832, 833, 961 
Diffusion displacement probability profile, 832 
Diffusion gradient direction, 841, 841-842 
Diffusion gradients, 929 
Diffusion gradient scheme, 847 
Diffusion imaging, 830-853, 831 
apparent diffusion coefficient (ADC) 

mapping, 576, 831, 843-845 
basics of diffusion in biological tissues, 

832-834, 833 
diffusion-weighting gradients in. See 

Diffusion-weighting gradients 
DTI, See Diffusion tensor imaging 
DWI. See Diffusion-weighted imaging 
with gradient echoes, 895 
HARD, 830-831,849 
line scan diffusion imaging, 405 
practical considerations, 851-853, 852 
PRESTO used for, 766, 112-113, 
pulse sequences in, 834-840 

RARE sequences, 836-837, 837, 838 
single-shot spin-echo EPI, 834-835, 835 
spin echo sequence, 837, 838 
stimulated echo pulse sequences, 837, 
837-839, 839-840 
q-space imaging, 850-85 1 
quantitative apparent diffusion coefficient 
mapping, 831, 843-845 
Diffusion preparation sequence, 895 
Diffusion spectroscopic imaging (DSI), 

830-831,849 
Diffusion tensor, 833-834, 834, 846 
Diffusion tensor elements, 845-847 
Diffusion tensor imaging (DTI), 576, 830, 
831-832,845-850 
determination of elements, 845-847 
eddy current effects, 319, 329 
PROPELLER used for, 9 1 8 
scalar diffusion anisotropy calculations, 834, 

847-848, 849 
tractography, 848-850 
Diffusion tensor matrix, 846, 847 
Diffusion trace map, 842, 848 
Diffusion trace-weighted images, 852, 852-853 
Diffusion-weighted EPI, 470, 734, 835 
Diffusion-weighted GRASE, 840 
Diffusion-weighted imaging (DWI), 830, 831, 
835, 840-842, 841 
crushers used in, 314-315 



distortion correction for, 503 

echo planar imaging and, 470, 734, 835 

eddy-current effects, 319, 329, 852 

misregistration artifacts in, 852 

motion artifacts in, 852-853, 899 

navigator echoes used in, 455, 458, 470^71 

oblique gradients in, 241 

PROPELLER used for, 918 

single-shot EPI in, 830, 842 

Stejskal-Tanner pulse sequence, 329 

using navigators, 455, 458, 470-471 
Diffusion-weighted spiral. 840 
Diffusion-weighted STEAM pulse sequence, 

837, 837-839, 839-840 
Diffusion-weighting gradients, 217, 274-280, 
275, 576 

in arterial signal elimination, 826 

decreasing amplitude of, 853 

DE preparation and, 895 

in EPI, 276, 842 

in GRE pulse sequences, 276-277, 277, 279 

practical considerations, 279-280 

in q-space imaging, 850 

quantitative description, 275-279 
Digital signal processing (DSP), 45 
DIME (dynamic imaging by model estimation), 

462-463, 463 
Diminishing variance algorithm (DVA), 467 
DIR (double inversion recovery), 629, 652-654, 

653 
Dirac delta function, 17, 18-20, 517 
Direct-conversion analog receiver, 373, 373-374 
Direct linear eddy current term, 322 
Direct method of coil sensitivity calibration, 537 
Direct phase encoding (DPE), 872-874, 873 



choosing frequency offset and, 105, 106, 
113-114 

MT ratio and, 105-107, 107 

unintentional MT saturation, 109-1 10 
Direct sensitivity measurement, 540, 540-541 
Discrete Fourier transform (DFT), 7, 672 

inverse and, 11, 13, 14r 

multidimensional, 16-17 

periodicity and. I2r-13r, 17 

physical units and, 13-15 

properties of, 15-16, 16 

rectangular field of view and, 500 

shift theorem for, 15-16, 16 

three-dimensional, 16, 17 

two-dimensional, 16 

velocity-encoded images and, 288 
Discrete Fourier transform pairs, 13, 14/ 
Discrete sampling, 493, 493 



Dispersion artifacts, 399 
Displacement current density, 293-294 
Displacement in image, 318 
Displacement probability profile, 850-851 
Displacement vector, 268-269 
Distributed gradient loads, 238-239 
Distributed (optimal) IR acquisition, 613, 615 
Dixon's method, 576, 603, 624, 857-886, 859 
phase determination methods, 875-879 
other methods, 879 
polynomial fitting, 875-876 
region growing, 876-877, 877, 878, 879 
pulse sequence enhancements and variations, 
879-886 
four-point Dixon, 880 
multiple coils, 885-886 
multiple spectral components, 880-88 1 
scan time considerations, 881-885, 882. 

884, 885 
single-point Dixon, 879-880 
three-point Dixon, 866-875 
basic method, 866-868 
correction for chemical shift 

misregistration, 874-875 
direct phase encoding, 872-874, 873 
including echo amplitude modulation. 



S-872 

two-point Dixon (2PD), 858-866 
extended method, 864-866 
modified for field maps, 946 
original method, 858-864, 860-862 
RARE used in, 779 
Domain pairs, in MR, 7-8 
DORK (dynamic off-resonance in k-space), 469 
Double-angle oblique prescription, 232, 233 
Double contrast sequence, 797 
Double DANTE, 173 

Double exposure misregistration artifact, 688 
Double inversion recovery (DIR), 629, 652-654, 

653 
Double-sideband modulation, 151-152, 82 
DPE (direct phase encoding), 872-874, 873 
DRIVE. See Fast recovery 
Driven equilibrium (DE), 576, 888, 889, 
890-895 
gradient-echo-driven preparation, 889, 

893-895, 894, 895 
in RARE, 798 

spin echo fast recovery, 890-893, 891, 892 
Driven equilibrium Fourier transform (DEFT). 

See Driven equilibrium 
DSC (dynamic susceptibility contrast), 802-803 
DSI. See Diffusion spectroscopic imaging 
DTI. See Diffusion tensor imaging 



Dual-echo acquisition: 

in black blood angiography, 650-651 
pulse sequence variants, 640, 641, 643-645, 

644, 645 
stimulated echo artifact in, 641-642, 643 
variable echo acquisition, 640, 640-641 , 641 

Dual-echo GRE, 597/, 598, 598 

Dual-echo RARE, 797 

Dual-echo steady state (DESS), 584f, 599, 602, 
602 

Dual-interval echo train (DIET), 797 

DVA (diminishing variance algorithm), 467 

Dwell factor, 62, 159 

Dwell time, 367, 709,716 

DWI. See Diffusion-weighted imaging 

Dynamic equilibrium, 582-583 

Dynamic imaging by model estimation (DIME), 
462^163, 463 

Dynamic off-resonance in k-space (DORK), 469 

Dynamic susceptibility contrast (DSC), 802-803 

ECG (electrocardiogram), 444 
Echo amplitude modulation, 868-872, 880 
Echo peak, 248 

Echo planar imaging (EPI), 1 25, 575-576, 702, 
702-737 
artifacts in, 703-704, 726-734 
chemical shift artifacts: choice of 

bandwidth, 375, 375-376; echo train 
pulse sequences, 703-704, 732-733; 
in GRE-EPI, 717-718; in mosaic EPI, 
724; in readouts, 132 
image distortion, 733, 733-734 
intravoxel dephasing, 733, 734 
Nyquist ghosts, 703, 726-732, 728, 730, 

731 
7"2*-induced image blurring, 704, 734 
basic pulse sequences, 717-725 
gradient-echo EPI, 717-719, 718 
inversion-recovery EPI, 721 
multishot EPI, 722-725, 724, 726 
single-shot EPI, 703, 721-722 
spin-echo EPI, 276, 719-721, 720 
circular, 497 



t-field phase error in, 304 
in diffusion-weighted imaging, 470, 734, 835 
DORK method used in, 469 
eddy current effects, 317, 318 
DWI distortion correction, 329 
k-space and phase shifts, 328-329 
image reconstruction, 725-726 
in inversion recovery, 607 
k-space trajectory in, 381, 382, 506 

e accumulation, 745 



Echo planar imaging (EPI) (continued) 
principles of, 704-717 

conventional gradient echo v. EPI, 

704-706, 705 
EPI phase-encoding gradient, 714-717, 715 
EPI readout gradient, 706, 706-714, 708 
readout gradients, 245 
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reduced echo-train EPI: 

2D echo planar pulses in, 136-137 
sensitivity to off-resonance effects, 377, 704 
spin-echo EPI, 276, 719-721, 720 
spoiler gradients in, 354, 355 
time-varying readout gradients in, 255 
variations of pulse sequences, 735-737 
balanced EPI, 735 
circular EPI, 735, 736 
skip-echo EPI, 735, 736 
7*2* mapping, 737 
3D EPI, 703, 737 
view order in, 262 
Echo-planar imaging and signal targeting with 
alternating radiofrequency (EPISTAR). 
807-810, 808, 810 
magnetization transfer effect in, 823, 823-824 
SS-FSE version, 809 
tagging pulse sequence in, 807-808, 808 
Echo planar trajectory, 1 3 1 
Echo-shifted gradient echo, 763-770 
basic ES pulse sequence, 763-765, 764 
general echo-shifting gradient lobes, 764, 

765, 766, 767, 767-768 
spoiling and signal considerations, 766, 767, 
768-770 
Echo shifting. See Echo time shifting 
Echo spacing (ESP), 245, 705-706 

in EPI, 705-706, 709-7 11,716,721,731-732 
long, problems caused by, 7 1 1 
in RARE, 777, 883-884, 885 
reducing, 734 
Echo stabilization, 147, 744 
Echo time (TE): 
effective TE: 

in GRASE: linear phase-encoding order 
and, 746-747, 747; phase-encoding 
order and, 744; standard 
phase-encoding order and, 748, 
750-751 
inGRE-EPI,719 

of RARE sequence, 788-790, 789 
in SE-EPI, 720-721 
minimizing in PC acquisitions, 660, 674-675 
minimum-TE velocity-encoding gradient 

design, 290-291 
in projection acquisition, 899 



reduced, 547 
short TE, 844 
in spiral acquisition, 932 
Echo time shifting: 

in GRASE, 748, 756-759, 757, 758 
in multishot EPI, 725 
Echo train, 640, 770-771 
Echo train acquisitions, 900 
Echo train echo-shifted sequences, 764, 770, 

770-772, 771 
Echo train length (ETL), 705-706, 734 
in EPI, 705-706, 722-723 
in GRASE, 740, 740 
in RARE, 776-778, 777 
Echo train pulse sequences, 702-799 

artifact reduction with parallel imaging, 525 
chemical shift artifact in, 375, 375-376 
EPI. See Echo planar imaging 
GRASE. See Gradient and spin echo pulse 

sequences 
PRESTO. See Principles of echo shifting with 

a train of observations 
RARE. See Rapid acquisition with relaxation 

enhancement 
reference scans for, 327-329 
sequential acquisition and, 408 
in spiral acquisition, 928, 928 
in Tj mapping, 645-646 
Echo train shifting (ETS), 748, 756-759. 757, 

758 
Echo volume imaging (EVI), 737 
Eddy-current artifacts, 327 
Eddy-current compensation, 215, 217, 316-330 
eddy currents, 316-319 
effect on images, 318-319 
origin of, 31 7, 317-318 
reducing eddy-current effects, 319-330 
application-specific calibrations and 

corrections, 327-330 
gradient waveform derating, 325-326, 326 
with shielded gradient coils, 319, 322 
waveform preemphasis, 320-325 
Eddy-current effects, reducing, 319-330 
application-specific calibrations and 
corrections, 327-330 
application-dependence of eddy-current 

artifacts, 327 
DWI distortion correction, 329 
phase contrast velocity correction, 327 
reference scans for echo train pulse 

sequences, 327-329 
spatial-spectral RF pulses, 329-330 
in diffusion- weighted imaging, 319, 329, 852 
in FAIR, 81 1-812 



m images, 318-319 



gradient waveform derating, 325-326, 326 
with shielded gradient coils, 319, 322 
waveform preemphasis, 320-325 
eddy-current measurement, 323-324 
eddy-current spatial dependence, 320 
eddy-current time dependence, 320-323, 

321 
preemphasis compensation, 324-325 
Eddy-current measurement, 323-324 
Eddy-current phase correction, 670-671 
Eddy currents, 316-319 

Nyquist ghosts caused by, 3 1 7, 3 1 8, 327-329, 

729 
phase errors caused by, 558, 564, 668-669 
crusher gradients and, 315 
diffusion-weighting gradient amplitude 

and, 280 
effect oi 
GMNat 
image warping and, 503 
measurement of, 299 
origin of, 317, 317-318 
produced by spoiler gradients, 356-357 
PICORE pulse sequences and, 810 
reducing gradient amplitude and, 325-326, 

326 
shift in readout gradients and, 634 
Eddy-current spatial dependence, 320 
Eddy-current time dependence, 320-323, 321 
Edge enhancement, 789, 792-793 
Effective echo time (TE): 
in GRASE: 

linear phase-encoding order and, 746-747, 

747 
phase-encoding order and, 744, 753-754 
standard phase-encoding order and, 748, 
750-751 
of RARE sequence, 78, 788-790 
Effective magnetic field, 26-27 

in adiabatic excitation pulses, 178-179, 180 
in adiabatic inversion pulses, 191-192, 192 
in adiabatic refocusing pulses, 202-203, 203, 

207-208, 208 
in rotating reference frame, 179, 180 
of moving spins, 817, 818 
i, 74-75 

zation and, 201-203, 
203-204 
Effective magnetization, 258, 258-260 
Effective number of signal averages (ENS A), 

Effective resolution, 938-939 
Effective temporal resolution, 395-396 
Eigenvalues, 53 1 

of matrix, SJ4, 847-848 



Eigenvectors, 848-850 

in MR tractography, 848-850 

Einstein equation, 832 

Einthoven triangle, 446-448, 447 

EKG (electrocardiogram), 444 

Electric dipole vector, 446, 447 

Electrocardiogram (ECG), 444 

Electrocardiogram (ECG) triggering, 365 
ECG triggering, 444-448, 445, 447 
patient burns resulting from, 453 
practical considerations in, 451^153, 452 
prospectively triggered ECG pulse sequences, 

448^150, 449 
used in DWI navigator methods, 470 

Elliptical centric view order, 262, 439-440, 440, 
687, 693, 697, 783 

Elliptical cutoff, 498, 499 

"Empty" magnification, 492 

End-of-sequence spoiler gradients, 223, 585 

ENSA (effective number of signal averages), 
866,871 

Entry slice effect, 681-682 

EPI. See Echo planar imaging 



EPIoi 
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EPI readout gradient, 706, 706-714, 708 

catch-and-hold, 708, 714 

sinusoidal, 708, 709, 713, 713-714 

trapezoidal, 708-713, 709 
EPI readouts. 132 

EPISTAR. See Echo-planar imaging and signal 
targeting with alternating radiofrequency 
Equal-solid-angle sampling, 907-908, 908 
Equilibrium magnetization, 141 
Equipment manufacturers, nomenclature for 

GRE, 597/, 599-600 
Ernst angle, 430, 587, 588, 601 
ES-FLASH (spoiled gradient echo sequences), 

766, 767, 768-770 
ESP (echo spacing), 245, 705-706, 71 1 
EST (extraslice spin tagging), 812-813 
ETL (echo train length), 705-706, 734 
ETS (echo train shifting), 748, 756-759, 757, 

758 
Euler angles, 48, 49, 234 
Even ghost, 727-728, 728 
EVI (echo volume imaging), 737 
Excitation 31, 32 

with 2D RF pulses, 125 

in ECG triggering (cardiac depolarization), 
445, 445^46 

efficiency of, 183-184,754 

as resonance, 74-75 

selective excitation, 122-123, 123 
Excitation efficiency contour, 184 



Excitation pulses, 27, 67-76, 68, 69 

adiabatic. See Adiabatic 

in GRE-EPI, 718, 778 

GRE response to series of, 582, 582-596 

spoiling, 583, 583, 584/, 585, 585-586 

SSFP-FID and SSFP-echo, 583, 584/, 

589-592, 590, 596 
steady state of longitudinal magnetization 
for spoiled pulse sequences, 586-589, 
588 
for linear navigator, 457, 460, 460, 461 
linear phase pulses as, 54, 55 
mathematical description of, 68, 68-75 
Bloch equations and flip angle 
on-resonance, 68, 68-71 
excitation as resonance, 74-75 
Excitation uniformity, 177, 181, 182 
Expiration phase of respiration, 475, 475 
Expiratory reserve volume, 475 
Extended two-point Dixon method, 864-866 
Extracellular diffusion coefficients, 832-833 
Extraslice spin tagging (EST), 812-813 

FA (fractional anisotropy), 848, 849 
FAIR (flow-sensitive alternating inversion 

recovery), 810-813, 8/7, 823, 824 
FAIRER (FAIR excluding radiation damping), 

813 
FAIRER (flow-sensitive alternating inversion 

recovery with an extra radiofrequency 

FAISE (fast acquisition interleaved spin echo). 
See Rapid acquisition with relaxation 
enhancement 
False trigger, 45 1 

FA map, 848. 849. 849. 850, 852-853 
Faraday's law, 317 

Fast acquisition interleaved spin echo (FALSE). 
See Rapid acquisition with relaxation 
enhancement 
FASTCARD. See Segmented cardiac 

acquisitions 
Fast field echo (FFE). 584/ 
Fast Fourier transform (FFT), 7. 17-18 
2D inverse. 510 
in projection acquisition, 915 
raw k-space data as input for, 493, 493 
reconstruction methods based on. 380, 491 
rectangular field of view and, 500 
sign alternated FFT output. 494, 494, 505 
See also Fourier image reconstruction 
Fast gradient-echo sequences. 624. 627-629, 
628 



Fast imaging employing steady-state acquisition 
with phase cycling (FIESTA-C), 584/, 596 
Fast imaging with steady (-state free) precession 
(FISP), 142,584/ 
balanced SSFP (true FISP). See Balanced 

SSFP 
phase-encoding gradients in, 260 
Fast low-angle shot (FLASH), 584/ 
Fast pulse, 728, 130-131 
Fast recovery (FR), 888, 889, 890-895 
gradient-echo-driven preparation, 889, 

893-895, 894, 895 
in RARE, 798 

spin echo fast recovery, 890-893, 891, 892 
Fast spin echo. See Rapid acquisition with 

relaxation enhancement 
Fat imaging, 880-881 
Fat suppression. See Lipid suppression 
Fat-water chemical shift, 859-860 

extended two-point Dixon, 864-866, 87 1 
interchange of signals, 874-875 
FDA (Food and Drug Administration), 33 
Feedback distortion, 323 
FEER (field even-echo refocusing), 335, 

335-336, 339 
FE gradients. See Flow-encoding (FE) gradients 
Fermi pulses. 36 

Gaussian pulses compared, 111/. 111-112 
RF envelope of, 109 

used for MT. 1 1 I 
FFE (fast field echo). 584/ 
FFT. See Fast Fourier transform 
FID. See Free-ind 
Field echo. 579 
Field echo pulse sequences. See Gradient e 

pulse sequences 
Field even-echo refocusing (FEER). 335. 






335-3 



339 



excess, discarded. 509. 510, 519 

naif field of view, 15-16,76 

in high-frequency view reordering, 486. 487. 
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k-space interpolation and, 500. 505 
in real-time acquisitions, 395 
reduced, 384 
in CEMRA. 692 
with SENSE. 527-528, 528 
spoiler gradients and. 354 



for spiral scans, 934 

velocity FOV, 288-289 
FIESTA (fast imaging employing steady-state 

acquisition), 584f 
FIESTA-C (fast imaging employing steady-state 

acquisition with phase cycling), 584/, 596 
Filtered backprojection, 406, 506, 775 

for image reconstruction, 897-898 

to reconstruct PA data, 909, 910-91 1, 923 
Filtering methods: 

adaptive filtering, 452^53 

anti-alias filters, 260, 368, 369, 370 

bandlimiting filter, 368, 369 

finite impulse response (FIR) filter, 45, 159 

global/local orientation filters, 874 

hardware filters, 370 

high-pass spatial filtering, 357, 403. 403 

low-pass filtering, 323, 371-372 

ramp filters, 910, 91 1 

tornado filter, 919 

Wiener deconvolution filter, 792 
Finite impulse response (FIR) filter, 45, 159 
First-order GMN (velocity compensation), 332. 

333-334, 635, 636 
First-order gradient moment nulling, 635, 636, 

686-687 
FISP pulse sequence. See Fast imaging with 

steady (-state free) precession 
FLAIR. See Fluid-attenuated inversion recovery 

pulse sequence 
FLASH (fast low-angle shot), 583, 584r 
Flip angle approximation, 126-127, 128 
Flip angle on-resonance, 68, 68-71 
Flip angles, 33 

of adiabatic excitation pulses, 177-178, 181, 
185 

of adiabatic inversion pulses, 190-191 

determining pulse shape for, 43 

Ernst angle, 430, 587, 588,601 

flip angle series in 3DTOF MR angiography, 
143-144 

in GRE acquisitions, 67, 580, 580, 591-592 

of hard pulse, 36 

high, in true FISP, 601-602 

for on-resonance spins, 60-61 , 67, 68 

optimized flip angle profile, 141, 141-142 

in producing MR signal, 1 39-141 

pulse design and, 48?, 56-57 

refocusing and, 89-90, 90 

of refocusing pulses, 42 

RF field and, 69-70 

approximation of, 12-1 '4, 74 

.n pulses, 48r, 51, 62-63 



Flow-compensated RARE, 797-798 
Flow compensation. See Gradient moment 

nulling 
Flow displacement artifacts, 345, 348, 899 
Flow effects: 

aliasing, 665, 666, 676 
artifacts: 

flow displacement artifacts, 345, 348, 899 
pulsatile flow artifacts, 331, 621, 650, 684, 
685 
brain motion from pulsatile CSF flow, 470 
ghosting, 650, 687, 687 
in gradient echo pulse sequences, 583, 604 
Flow-encoding (FE) gradients, 217, 281-284, 
281-291 
bipolar velocity-encoding gradient, 281-284, 

281-284 
cyclic motion-sensitizing gradient waveforms, 

284, 284-285 
in phase contrast angiography. 659-660 
practical considerations, 282, 290-291 
qualitative description, 281, 285 
quantitative description, 285-290 

aliasing velocity VENC, 282, 287-288 
flow-induced phase and gradient first 

moment, 281, 285-287,286 
Fourier velocity encoding, 282, 282-283, 

284, 288-289 
velocity-preparation gradient, 283, 
289-290 
Flow encoding loop. See Toggled bipolar 
gradients 



Flow-induced phase, 281, 285-287, 286 
Flow quantification (quantitation): 

in phase contrast angiography, 666-669, 674, 

677 
with phase-difference reconstruction, 661, 

664-666, 665 
SPAMM sequences in, 171 
Flow-related aliasing, 665, 666, 676 
Flow-related enhancement (FRE), 680-682, 
681, 683 
in 3DTOF, 685 

approach to steady state in, 589 
in carotid artery imaging, 681, 683-684, 684 
inflow enhancement, 678 
Flow-sensitive alternating inversion recovery 

(FAIR), 810-813, 811,823, 824 
Flow-sensitive alternating inversion recovery 
with an extra radiofrequency pulse 
(FAIRER). 813 



Fluid-attenuated inversion recovery (FLAIR) 
pulse sequence, 197 
black blood methods and, 652 

inversion recovery pulse sequences for, 613, 
624-627, 627 

nulling time in, 609-610 

OIL FLAIR, 613, 627 
Fluid signal nulling, 61 1 
Fluoroscopically triggered MR angiography, 

403, 403-404, 693 
Fluoroscopy: 

MR fluoroscopy, 396 

X-ray fluoroscopy, 394 
Flyback EPI, 735, 736 
FM (frequency modulated) pulses. See 

Adiabatic RF pulses 
fMRI. See Functional magnetic resonance 

imaging 
FOCI (frequency offset corrected inversion) 

pulse, 826 
Food and Drug Administration (FDA), 33 
Forward SLR transform, 44, 44, 47-51, 48/, 49 
Fourier conjugates, 7-8 
Fourier-encoded pulse sequences, 243 
Fourier encoding. See Phase encoding 
Fourier image reconstruction, 365, 491-505 

2D and 3D data, 553-554 

baseline correction, 504 

image warping, 502-503, 503 

multiple-coil reconstruction, 501-502 

phase shifting, 493, 493^94, 494 

in RARE, 775-776 

rectangular field of view and, 499-500 

scaling, 503-504, 505 

summary of, 504-505, 505 

windowing, 494-498, 496-499 

zero filling, 492, 497, 500 
Fourier imaging: 

full Fourier acquisition, 383, 491-492 

half-Fourier acquisition, 400, 547-548 

partial Fourier acquisitions, 385, 395, 547 

phase-encoded, 398 

rectilinear, 775 

two-dtmensional: 
real-time, 395 
scan time of RARE in, 780 
spot or zipper artifacts in, 420-422, 421 
Fourier leakage, 43 1 
Fourier shift theorem. See Shift theorem for 

Fourier transforms 
Fourier slice theorem, 897 
Fourier transform (FT), 3, 5-20, 6, It 

approximation of complex 

" ' 1,72-74,74 



complex, 5, 7 

continuous, 7-9, 10, 19 

in designing ramp pulses, 145 

Dirac delta function and, 18-20 

discrete (DFT). See Discrete Fourier 

transform 
fast. See Fast Fourier transform 
inverse. See Inverse Fourier transform 
multidimensional, 9-10 
properties of, 10-1 1, 12/- 13; 
pulsed Fourier transform spectroscopy, 888 
schematic representations of, 6 
shift theorem for, 10, 129 
DC offset and, 421, \2\-\12 
off-center FOV and, 263-264 
phase shifting and, 493^t94 
rigid body motion and, 456 
Fourier transform approximation, 72-74, 74 
minimum-phase SLR pulses as, 54-55, 56 
Fourier transform pairs, 7-8 
commonly used pairs, 12/- 13/ 
discrete, 13, 14/ 
symmetric, 9 
Fourier velocity encoding, 282, 284, 288-289 
to handle partial volume effects, 672 
in velocity preparation, 282, 282-283 
Four-point acquisition, 673-674, 675 
Four-point Dixon, 880 
Four-quadrant arctangent function (ATAN2), 

561-564,562,565 
FR. See Fast recovery 
Fractional anisotropy (FA), 848, 849 
Fractional echo technique, 250-251, 251, 253 
Fractional field of view (FOV), 263, 395, 

499-500, 505 
Frame rate, 395-396 
FRC (functional residual capacity), 475 
Free-induction decay (FID) signal, 89, 90, 150, 
584/ 
dephasing, 720, 720 
in eddy-current measurement, 323-324 
eliminating with crusher pairs, 306-307, 307, 

311 
FID artifacts, 245,421,422 
FID data collection: 

in 2D PA, 902, 904, 905, 905 
in 3D PA, 907-909, 908 
GESFIDE, 883, 884 
in navigated fMRI, 468^169, 469 
phase-encoded, 260 
produced by refocusing pulse, 309 
pulse sequences using, 248 
in RARE, 785, 786 
in spiral acquisition, 929, 930 



in SSFP-FID, 583, 584r, 589-592, 590, 596, 



381 
Frequency encoding, 217, 243 

bandwidth reduction in, 1 16, 368-369, 369 
in spatial localization, 256 
Frequency-encoding gradients, 243-255 
implementation: 
off-center FOV, 255 
pre-phasing gradient design, 253-254 
readout gradient design, 252 
time-varying readout gradient, 255 
qualitative description of, 244-246, 244-247, 

248 
quantitative description of, 245, 248-251, 257 
Frequency-encoding gradient waveforms. 2 1 9 
EPI-type readouts in, 770 
in PRESTO, 764, 765 
velocity-compensated: 
calculating, 342, 344 
offsets in, 237, 238 
target amplitude for, 239 
Frequency mismatch, 727-728, 728 
Frequency modulated (FM) pulses. See 

Adiabatic RF pulses 
Frequency modulation: 

in adiabatic excitation pulses, 1 8 1 
of BIR pulses, 186, 187 
converted to phase modulation, 187-188, 188 
Frequency modulation function: 
in adiabatic excitation pulses, 183 
in adiabatic inversion pulses, 1 90 
in adiabatic refocusing pulses, 201-202, 202, 

207 
in hyperbolic secant pulse, 194, 196 
off-resonance effects and, 193 
Frequency offset: 

carrier frequency offset, 32, 268, 269 
FOCI pulse, 826 

of MT pulses, 105, 106, 113-114 
resonance frequency offset, 819-820 
Frequency offset corrected inversion (FOCI) 

pulse, 826 
Frequency-segmented deblurring, 948, 948-949, 






950 
Frequency selec 

811 

Frequency selectivity, 96, 97, 98, 210 
Fringe field, 319 
FSE (fast spin echo). See Rapid acquisi 

relaxation enhancement 
FT. See Fourier transform 
Full-echo balanced SSFP, 598, 600 



310-811, 



Full echo data collection, 902, 903, 903 
Full Fourier acquisition, 383, A9X-492 
Full Fourier encoding, 262, 263 
Full width at half maximum (FWHM), 33, 37? 

of displacement probability profile, 850-85 1 

ofPSFinCEMRA,691-692 

transverse relaxation time and, 104 
Functional coordinate system, 229 
Functional magnetic resonance imaging (fMRI) 

based on BOLD contrast, 763, 945 

free-induction decay (FID) signal in, 
468^69, 469 

keyhole acquisition in, 387 

motion contamination in, 468^169, 469 

navigated fMRI, 402, 455, 461, 468^169, 469 

reversed spirals used for, 945 

T 2 * contrast in, 719 

TIPE GRASE used in, 754 

using navigators, 402, 455, 461, 468^169, 469 
Functional residual capacity (FRC), 475 
Functional waveforms, 229 
FWHM (full width at half maximum), 33, 37f, 
104,691-692 

Gadolinium chelate contrast agent, 675 

in CEMRA, 689-691 

in fluoroscopically triggered MR angiography, 
403, 403, 404 

lipid signal and, 857 

in perfusion MR techniques, 802-803 
Gadolinium-enhanced brain studies, 601 
Gadolinium infusion MR angiography. See 
Contrast-enhanced magnetic resonance 
angiography 
Gating, 365 

Gaussian curve fitting, 851 
Gaussian function, 10 
Gaussian inversion pulses, 77 
Gaussian pulses: 

Fermi pulses compared with, 1 1 If, 111-112 

half-Gaussian shape, 133, 134, 135, 135 

RF envelope of, 109, 112 

spectrally selective, 116, 124 

time-bandwidth product of, 1 10, 135 

used for lipid suppression, 121 

used for MT, 110 
GE-EPI (gradient-echo EPI), 717-719, 718 
General echo-shifting gradient lobes, 764, 765, 

766, 767, 767-768 
Generalized autocalibrating partially parallel 
acquisition (GRAPPA), 536, 537, 542, 543, 
543 
Generalized k-space sampling scheme, 782 
Generalized series substitution, 385, 386-387 
Generalized SMASH, 536 



Geometric distortion, 317, 329, 382 

Geometry factor, 531 

GESFIDE (gradient echo sampling of FID and 

echo), 883, 884 
Ghosting: 

caused by eddy currents, 317, 318, 327-329. 

729 
caused by pulsatile flow, 650, 687, 687 
constant-phase ghost, 727-728, 728 
converting to misregistration, 758 
due to periodic motion, 477, 482^83 
ghost phase cancellation, 474 
inGRASE, 741 
linear-phase ghost, 728, 728 
quadrature ghost, 373 
in RARE, 785, 786, 793-794 
reduction of: 

with breath-holding, 477 
byGMN, 331 

with phase modulation, 793-794 
in SPSP pulses, 157, 162 
T 2 weighting and, 748-751, 749 
view order and, 687, 687 
See also Nyquist ghosting 
Ghost phase cancellation, 474 
Gibbs ringing, 431, 432, 492, 494-495, 505, 548 
Glimpse size, 396 
Global orientation filters, 874 
GMN. See Gradient moment nulling 
Gradient amplifier heating, 355 
Gradient and spin echo (GRASE) pulse 

sequences, 576, 634, 740, 740-761, 742 
constant phase-encoding gradients in, 

743-744 
crusher gradients in, 315, 744, 760 
diffusion-weighted, 840 
echo time shifting, 725, 748, 756-759, 757, 

758 
eddy current effects in, 317, 327, 328 
in inversion recovery, 607 
phase correction, 759-760 
phase-encoding order, 744-756, 745 
3D GRASE, 755-756, 756 
TIPE GRASE, 754 
2D k-banded phase-encoding order, 748, 

751-754, 752, 753 
2D linear phase-encoding order, 746-747, 

747 
2D standard phase-encoding order, 

747-751,748-757,784 
2D vertical GRASE, 754-755, 755 
phase-rewinding gradient in, 740, 743 
pulse sequence, 740, 742, 743-744 
readout gradients in, 245 
turboprop, 761,918-919 






n PA, 898, 898-899 
ions on, 760-761 
l.so Diffusion imaging 
t anisotropy, 729, 922 



Gradiei 
Gradiei 

heating of, 355 

image warping and, 502-503, 503 

physical coordinate system and, 231, 232r 

resonant, 708,713 

shielded and unshielded, 319, 322 
Gradient-dephasing lobe, 894, 894-895, 895 
Gradient dephasing pulse, 148-149, 749 
Gradient derating, 303 
Gradient drivers, 215 
Gradient duty cycle, 162, 216, 355 
Gradient-echo DE preparation sequences, 888, 

889. 890 
Gradient-echo-driven preparation, 889, 

893-895, 894, 895 
Gradient-echo EPI (GRE-EPI; GE-EPI), 

717-719,7/8,808,808 
Gradient echoes: 

diffusion imaging with, 895 

in EPI, 704-705, 705, 763 

sandwich echoes, 882, 882-883 
Gradient echo (GRE) pulse sequences, 575, 
579-604, 580, 581 

in continuous AST, 820 

DE preparation for, 894, 894 

diffusion-weighting gradients in, 276-277, 
277, 279 

Dixon's method and, 862, 862-864 

echo shifted, 763-765, 764 

EPI compared, 704-706, 705 

fast, 478,481,624 

flip angle for, 67 

frequency-encoding gradients in, 250-25 1 , 



257 



gradier 



it nullin; 



1,335 



aveforms and, 584r, 596-600, 597f, 
598-602 
in inversion recovery, 606 
navigators used with, 460, 460 
phase-encoding gradients in, 257 
practical considerations, 600-604 
chemical shift artifact, 583, 598, 602-603, 

603, 604r 
flow effects, 583, 604 
pulse sequence selection, 600-602 
problems with, 631-632 
response to series of RF excitation pulses, 
582, 582-596 
balanced SSFP (True FISP), 592-595, 594, 

596 
spoiling, 583, 583, 584r, 585, 585-586 



SSFP-FID and SSFP-echo, 583, 584f, 

589-592, 590, 603, 680 
steady state of longitudinal magnetization 
for spoiled pulse sequences, 586-589, 
588 
role of prephasing gradient in, 245, 246, 246, 

247, 248 
sequential acquisition used with, 408 
toggled bipolar gradients in, 660, 660-662, 

661 
use in phase contrast angiography, 660, 

660-662, 66/ 
velocity encoding with, 282, 290 
Gradient echo sampling of FID and echo 

(GESFIDE), 883, 884 
Gradient-echo spiral, 929, 930 
Gradient-echo train, 703, 882, 882-883 
Gradient first moment: 
change in, 288 

of slice-rephasing lobe, 272, 272-273 
of velocity-encoding waveforms, 281, 
285-287, 286 
Gradient-induced vibration, 356-357 
Gradient lobe, 216 
Gradient lobe shapes, 219-242 
bridged gradient lobes, 221 
crusher pairs, 3 1 3-3 1 4, 314 
mathematical description, 223, 224-228 
time efficiency and, 222-224, 223, 224, 
226, 227 
for oblique acquisitions, 228-242, 229 
applications, 229, 240-242, 241 
graphic prescriptions and, 235-238 
mathematical description, 231, 232;, 
233-240, 234r 

/e description, 228-229, 230, 231, 



231- 



232/ 



restrictions on, 230, 238-240 
simple gradient lobes, 219-222 
sinusoidal, 221, 221-222 
trapezoidal and triangular, 219-221, 220, 
222 
Gradient moment nulling (GMN), 217, 
331-348, 332 
in 3DTOF, 686-687 
calculating velocity-compensated waveforms, 



:e-selection waveform, 342, 342-344, 



calculatio 

translation rules for moments, 333-335, 
337, 337-339 

to reduce blood flow effects, 454 
Gradient moments, 332 

calculation of, 339-341, 340r 

first. See Gradient first moment 

minimizing, 686 

second, 669 

for spiral readouts, 930, 932, 933 

translation rules for, 333-335, 337, 337-339 
Gradient motion rephasing. See Gradient 

moment nulling 
Gradient nonlinearity effects, 502-503, 503, 669 
Gradient recalled acquisition in the steady state 

(GRASS), 584; 
Gradient recalled echo imaging, 147 
Gradients, 215-217 

correction gradients, 217, 292-361 

gradient lobe shapes, 219-242 

imaging gradients, 243-273 

motion-sensitizing gradients, 274-291 
Gradient second moment, 669 
Gradient separation, 303, 303-304 
Gradient slewing: 

biological effects of, 216, 937-938 

gradient lobe shapes and, 222 

limits on, 239 

maximum slew rate, 252 

in SPSP pulses, 162, 163 
Gradient slew rate: 

eddy current effects and, 317, 325 

magnitude of slew rate vectors, 944 

maximum, 215, 222, 279-280 

peripheral nerve stimulation and, 937-398 

in spiral acquisitions, 931, 937-938 

in SPSP pulses, 163 

See also Gradient slewing 
Gradient waveform derating, 325-326, 326 
Gradient waveform infidelity, 922 
Gradient waveform modification, 732 
Gradient waveforms, 216 

approximation for spirals, 941-943 

calculating parameters of, 264-265 

Cartesian components of, 939 

cyclic motion-sensitizing, 284, 284-285 

diffusion-weighting, 276-277, 277 

frequency-encoding. See Frequency-encoding 
gradient waveforms 



Gradient waveforms (continued) 

for GRE pulse sequences, 584/, 596-600, 

597/, 598-602 
imaging gradient waveform, 843-844 
oscillating, 154, 154, 155-158, 756, 157 
phase-encoding, 219, 230, 237, 238, 239-240, 

345, 345-347, 346 
readout gradient waveforms, 781, 782, 

939-940 
sinusoidal, 930, 931, 932, 933 
slice-selection. See Slice-selection gradient 

waveforms 
for spin-echo pulse sequences, 348, 348 
in spiral acquisition, 931, 937-940, 938 
as spoiler gradients, 350 
synchronous motion-sensitizing, 284, 
284-285 
Graphic prescriptions, 235-238 
line deposit prescription, 229, 236 
three-point prescription, 232/, 236-238, 237 
GRAPPA (generalized autocalibrating partially 
parallel acquisition), 536, 537, 542, 543, 
543 
GRASE. See Gradient and spin echo pulse 

sequences 
GRASE with PROPELLER k-space trajectory 

(turboprop), 76 1 , 9 1 8-9 1 9 
GRASS (gradient recalled acquisition in the 

steady state), 584/ 
GRE-EPI (gradient-echo EPI), 717-719, 718, 

808, SOS 
GRE pulse sequences. See Gradient echo pulse 

sequences 
Gridding, 365, 406, 506-521, 508 
basics of, 508-511,577 
density compensation: 
generally, 514-515 
with trajectories that cross, 5 1 5-5 1 6 
gridding kernel and. See Gridding kernel 
for image reconstruction, 775 
mathematical details of, 516-521 
aliasing and, 519-521,520 
reconstructed image, 516-519 
radial SINC interpolation and, 911-912 

le and, 51 1-512, 572, 513/ 
:t PA data, 909-910 
rectangular field of view and, 500 
in retrospective motion correction, 462 
skewed k-space data and, 712 
steps required for, 510-51 1, 577 
Gridding aliasing factor, 520 
Gridding kernel: 

as compactly supported function, 507, 510, 

520 
IFTof,518 



Kaiser-Bessel function, 512-514, 575, 514/, 
520,521 

non separable, 509 

optimizing, 520, 520-521 

separable, 509-510 
Grids, 770, 170-171,572 
Group delays, 323, 923,951 
Gyromagnetic ratio, 83, 960 

Hadamard encoding, 431, 824 
Hadamard modulation, 151-152 
Hadamard velocity encoding, 673-674 
Hahn echo. See Spin-echo pulse sequences 
Half-angle catalyst pulse, 147 
Half-echo data collection, 902, 904 
Half field of view, 15-16, 16 
Half-Fourier acquired single-shot turbo spin 

echo (HASTE), 400, 525, 526, 783 
Half-Fourier acquisition, 400, 547-548 
Half-Gaussian shape, 133, 134, 135, 135 
Half-sine gradient lobe, 221, 221 
Half-sine pulses (HS), 36, 37/ 
Half-sinusoidal gradient waveforms, 350 
Hamming window, 39^10, 39^fl 

SINC inversion pulses, 81, 81-82 

SINC refocusing pulses, 91, 92 
HARD (high-angular-resolution diffusion) 

imaging, 830-831,849 
Hard pulse approximation, 43^15, 44, 47-51, 

48/, 49 
Hard (rectangular) pulses, 3 1 , 68 

binomial pulses, 1 1 3 

short, in DANTE sequences, 171, 777 

used for MT, 110 

used in refocusing, 85 
Hardware delay, 449 
Hardware filter, 370 
Hardware optimized trapezoid (HOT) method, 

240 
Harmonics, 533-534, 534, 542 
HASTE (Half-Fourier acquired single-shot turbo 

spin echo), 400, 525, 526, 783 
Hermitian 3D k-space data, 547 
Hermitian conjugate replacement, 549-551, 550 
Hermitian conjugate symmetry, 262-263 

applicable to single axis only, 553, 554 

in homodyne processing, 549 
High-angular-resolution diffusion (HARD) 

imaging, 830-831, 849 
Higher-order GMN, 332-333, 333-334 
High-frequency view reordering, 483^489 
High-pass spatial filter, 357, 403, 403 
High-speed DW STEAM pulse sequence, 

839-840 
Hilbert transform, 53 



Homodyne high-pass filter, 550, 550, 552, 553 
Homodyne low-pass filter, 551, 552, 553 
Homodyne processing: 

in Dixon's method, 884-885 
in partial Fourier image reconstruction, 
549-554, 669 
correction for imaginary component, 

551-553, 552, 553 
extension to 2D and 3D k-space, 546, 

553-554, 555 
Hermitian conjugate replacement, 
549-551,550 
Homodyne reconstruction method: 
for bent-spoke acquisition, 904 
in EPI image reconstruction, 726 
Homospoil gradient pulses, 119-121, 120 
Homospoil gradients. See Spoiler gradients 
HOPE (hybrid-ordered phase encoding), 487 
Horizontal cylindrical-bore magnet, 269, 296 
image warping and, 502-503, 503 
shielded gradient coils in, 319, 322 
Host sequences: 

in double inversion recovery, 652-653, 653 

in fast gradient-echo sequences, 628, 628 

HOT (hardware optimized trapezoid) method, 

240 
Hybrid 3D EVI, 737 
Hybrid 3D PA, 901-902, 907 
Hybrid-ordered phase encoding (HOPE), 487 
Hybrid space, 554 
Hyperbolic secant pulses: 
adiabatic condition in, 195, 196, 196-197 
inversion pulses, 32, 77, 80, 82 
modulation functions in, 194 
RF bandwidth of, 195-196 
used in EPISTAR, 808, 808 
Hyperbolic tangent (tanh) modulation functions, 
187 



Idle time: 

in IR acquisition, 613, 613-615 
of sequential acquisition, 407, 407, 409 
IF (intermediate frequency) receivers, 373, 374 
IFT. See Inverse Fourier transform 
Image artifacts: 
from excitation pulses, 435-436, 436 
in RARE, 791-794 

blurring, 791-792, 792, 793 
edge enhancement, 789, 792-793 
ghosting, 785, 786, 793-794 
T 2 weighting and, 791-792, 792, 793 
See also Artifacts; Chemical shift artifacts; 
Ghosting 



Image blurring. See Blurring 
Image distortion, 733, 733-734 
Image intensity weighting, 538-540 
Image multiplication, 508, 508 
Image orientation conventions, 232/, 235 
Image reconstruction, 365, 491-571 

complex-difference reconstruction, 673, 675, 

676 
Dirac delta function in, 517 
in EPI, 703 

EPI image reconstruction, 725-726 
filtered backprojection for, 897-898 
Fourier reconstruction. See Fourier image 

reconstruction 
gridding. See Gridding 
k-space sampling in, 628, 628-629 
least-squares fitting method, 5 1 2 
parallel-imaging re 

Parallel-ir 
partial Fourier reconstruction. See Partial 

Fourier image reconstruction 
phase difference reconstruction. See Phase 

difference image reconstruction 
polar k-space data in, 775 
for projection acquisition, 922 
in RARE, 775-776 

region-growing algorithm in, 619-620, 621 
scan time in, 626-627 
signal cancellation in, 621, 622 
in single-shot EPI, 722 
time efficiency in, 626-627 
using SMASH, 532-536 

reconstruction algorithm for, 523. 532-536. 

534, 535 
sensitivity normalization in, 537-538 
target function normalization and, 538-540 
variations of, 536 
view sharing, 567-571 

segmented cardiac acquisitions and, 570, 

570-571 
sliding window reconstruction, 568-569, 
569 
See also Real-time imaging 
Image scaling, 852 

Fourier image reconstruction, 503-504, 505 
in phase difference image reconstruction, 

565-566 
scaling inconsistency, 514 
Image shading, 178 
Image subtraction, 814-816, 816 
Image warping: 

in Fourier image reconstruction, 502-503, 

503, 505 
in phase difference image reconstruction, 562, 
565 



Image weighting, 519 

Imaginary component, correcting for, 551-553, 

552, 553 
Imaging coordinate system, 229 
Imaging gradients, 243-273 

frequency-encoding gradients, 243-255 
implementation, 252-255 
qualitative description of, 244-246, 

244-247, 248 
quantitative description of, 245, 248-251, 
251 
phase-encoding gradients, 256, 256-265, 257 
implementation, 260-265, 262, 263 
mathematical description, 257-260, 258, 
261 
slice-rephasing gradient, 271, 271-273, 272 
slice-selection gradients. See Slice-selection 
gradients 
Image shear, 852 
Impulse-response effects, 323 
Indirect method of coil sensitivity calibration. 

537 
Indirect sensitivity measurement 
AUTO-SMASH, 541, 541-542 
GRAPPA, 542, 543 
VD AUTO-SMASH, 542 
Inductive-resistive (LR) circuits, 320-321. 321 



Inflow 
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Inflow MRA. See Time-of-flight angiography 

Inner volume method. 637 

In-phase image. 860, 860-861. 861. 862, 867 

echo spacing. 884-885 

in three-point Dixon. 867 
In-plane phase encoding. 424 
In-plane translation of object. 912-913, 917 
Inspiration phase of respiration, 475. 475 
Inspiratory reserve volume, 475. 477. 477 
Interactive scan plane control. 402, 402 
Interecho phase consistency, 875 
Interleaved acquisition: 

with cardiac triggering. 417-418, 418 

in Dixon's method. 881 

FASTCARD. 417^tI8, 418 

GRASE, 747, 784 

inversion recovery (IR). 613. 613-614. 615. 
627 

multishot EPI, 724. 724-725. 726 

multishot spiral, 929, 929 

multislab 3D, 440-441 

multislice 2D, 109 
CHESS imaging, 123 
RARE used for, 780 
time efficiency of, 429 

OIL FLAIR, 613. 627 



scan time for, 409^110, 613-614 
sequential acquisition compared, 406, 

406-410,407 
slice acquisition order, 411, 41 1^414, 413, 
414; 

Interleaved EPI, 470 

Interleaved pulse train, 173-174 

Interleaved spiral k-space trajectory, 469 

Interleaves, 382 

Intermediate frequency (IF) receivers, 373, 374 

Interpulse delay, 171, 171, 175 

Interpulse interval, 102 

Interventional imaging, 899 

Interview motion, 455, 462 

Intracellular diffusion coefficients, 832-833 

Intracranial artery imaging, 140, 145-146 

Intrasequence phase cycling, 422^123 
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Intra' 

Intravoxcl dephasing, 331 

in 3D acquisitions, 437 

in black blood angiography, 649 

by crusher gradients, 313-315, 314 

in echo planar imaging, 733, 734 

reducing. 679 

signal loss and. 696. 696-697 

See also Dephasing 
Inverse DFT(IDFT). 11, 13. 14/ 
Inverse Fourier transform (IFT): 

in 2D imaging, 406 

determining pulse shape by, 43 

in image reconstruction. 491. 509 

of Kaiser-Bessel function, 513. 513-514 

normalized, 8 
Inverse SLR transform. 44, 51-52, 53 
Inversion efficiency, 193 
Inversion module, 806 
Inversion pulses, 77, 77-83 

adiabatic. See Adiabatic inversion pulses 

applications, 83 

in EPISTAR. 823-824 

mathematical description of, 77. 78-79. 80 

practical considerations. 80-83 
nonselective pulses, 82-83 
selective inversion pulses. 80-82, 81 

selectivity of. 77-78 

spiral acquisition with, 929 
Inversion recovery. 607, 608-61 1, 610, 611 
Inversion recovery black blood methods, 606, 
652-658 

cardiac triggering strategy, 657, 657 

double inversion recovery (DIR). 629. 
652-654. 65J 



multiple IR, 629 
single inversion recovery, 652 
triple inversion recovery (TIR), 629, 654-657, 
655, 656 
Inversion-recovery EPI (IR-EPI), 721 
Inversion recovery module: 
in DIR or TIR, 657, 657 
in distributed IR acquisition, 607, 615 
in IR-EPI, 721 
in SPECIAL, 607 
Inversion recovery preparation (IR-PREP), 83 
Inversion recovery (IR) pulse sequences, 575, 
606-629, 607 
acquisition strategies, 607, 611-616 
3D IR, 613, 616 

2D IR, 607-608, 612, 612-615, 613 
applications of, 620-629 

contrast manipulation, 620, 622, 622 
fluid attenuation (FLAIR), 613, 624-627, 

627 
lipid suppression (STIR), 602-603, 

622-624, 624 
magnetization preparation in fast 

gradient-echo sequences, 627-629, 
628 
multiple IR, 629 
T\ mapping, 622 
in arterial spin tagging, 806 
black blood methods, 606, 652-658 
cardiac triggering strategy, 657, 657 
double inversion recovery (DIR), 629, 

652-654, 653 
multiple IR, 629 
single inversion recovery, 652 
SWI, 657-658, 658 
triple inversion recovery (TIR), 629, 
654-657, 655, 656 
FAIR, 810-813, 811,823, 824 
FAIRER, 813 
FLAIR. See Fluid-attenuated inversion 

recovery pulse sequence 
in fluid attenuation, 608 
phase-sensitive IR, 608, 616-620, 618, 621 
principles of IR, 607, 608-61 1, 610, 611 
STIR. See Short tau inversion recovery pulse 

sequence 
UNFAIR, 812-813 
Inversion slice profile, 47, 48/ 
Inversion time (TI), 821, 822-823 
I/Q mismatch, 373, 374 
IR-EPI (inversion-recovery EPI), 72 1 
IR-PREP (inversion recovery preparation), 83 
Isocenter of gradients, 267, 268 



Isodelay: 

in selective excitation pulses, 75-76, 76, 

271-272 
in spiral pulses, 133 
in SPSP pulses, 163 
Isotropic sampling, 908, 908-909 
Iterative design of 2D RF pulses, 126 
Iterative homodyne processing, 554-557, 555, 
556 



Kaiser-Bessel function, 512-514, 513, 514/, 

520,521 
k-banded phase encoding (kbGRASE), 748, 

751-754,752,755,759 
kbGRASE (k-banded phase encoding), 748, 

751-754, 752, 753, 759 
Keyhole signal acquisition, 384-387 
applications of, 387 
data acquisition, 384-385, 385 
extensions of: 

BRISK, 387-389, 388 
TRICKS. See Time-resoved imaging of 
contrast kinetics 
reconstruction, 385-387 
using view sharing, 568 
Keyhole views, 384, 385 
Killer gradients. See Spoiler gradients 
Kronecker delta form of identity matrix, 234 
k-space, 378-383 

sampling. See k-space sampling 
symbols, 956 

trajectories. See k-space trajectories 
k-space analysis: 

2D RF pulses, 126-129,728 
mathematical description, 154-155 
k-space data: 

adding or subtracting, 669 

consistency of. 840 

obtained from cardiac triggering, 443^44, 

polar, 775 

raw, as input for FFT, 493, 493 

skewed, 712 

undersampled, 525-526 
k-space discontinuity, 759 
k-space interpolation, rectangular field of view 

and, 500, 505 
k-space latency, 398-399 
k-space lines, 406 

acquisition of, 718-719 

in interleaved multishot EPI, 724, 724 
k-space Nyquist requirement, 369-370 



k-space oversampling factor, 520 
k-space sampling, 365 

aliasing in, 508,519-521, 520 



coverage and, 382-383 

generalized sampling scheme, 782 

in gradient-echo pulse sequence, 250-25 1 , 

251 
in image reconstruction, 628, 628-629 
with multishot RARE, 784, 784 
Nyquist criterion and, 369-370, 382, 

525-526,541 
in parallel-imaging reconstruction, 522, 523, 

524, 524 
in phase reordering, 461 
readout bandwidth and, 367-377 

mathematical description, 367-370, 368, 

369 
operator parameter selection, 374-377, 375 
sampling function, 516-519 
in spin-echo pulse sequences, 250, 251, 633, 

633 
k-space shifts, 10, 15, 318-319, 328 
k-space signal, truncated, 492 
k-space trajectories, 380-382, 381 
bipolar EPI readout gradient and, 706, 

706-707 
in cardiac imaging, 465, 465 
circular, 382 
in circular EPI, 735, 736 
density compensation for, 5 1 5-5 1 6 
in EPI, 381, 382, 506 
errors in, correcting, 923 
interleaved, 777,771-772 
interleaved spiral, 469 
measurement of, 905, 95 1-952 
navigator data acquisition and, 457, 457^160, 

460, 461 
nonrectilinear, 948 
PROPELLER, 382, 761 
in real-time imaging, 400-401 
rectilinear (Cartesian). See Rectilinear 

k-space trajectories 
rosette, 382, 515-516 
spiral. See Spiral k-space trajectories 
in spiral acquisition, 928, 935-936 
in SPSP pulses, 156 
in SSFP pulse sequence, 381 
stochastic, 515-516 

during trapezoidal gradient lobe, 708, 709 
zig-zag, 506 

in EPI, 7/5,715-716 
in GRASE, 743-744, 755 
k-space traversal, 128-129, 130, 133 



k-space view order: 
acquisition time and, 426 
in two-dimensional acquisition, 419, 419—423 

intrasequence phase cycling, 422^123 

phase and notation of RF pulse, 420, 420r 

phase cycling, 420 

phase cycling to remove DC artifacts, 420?, 
420-422, 421 
k-space view reordering. See View reordering 
k-space views, 406, 776 
k-space weighted image contrast (KWIC), 920, 

921, 921-922 
KWIC (k-space weighted image contrast), 920, 

927,921-922 
Kymogram, 912 

LA (linogram acquisition), 913-915, 914 
Laboratory reference frame, 21, 21, 22 
Ladder array of coils, 525, 533-534, 534 
Lag, in real-time systems, 396, 397, 398-399 
Larmor frequency, 28, 244 

of RF carrier, 32 

in slice-selection gradients, 267, 267-268, 
268, 269 

spin precession and, 22, 85, 86 
Larmor (Bo) reference frame, 28 
Latency, 396, 397, 398-399 
Leads, 446-447, 447 
Least-squares fitting method: 

in dealing with chemical shifts, 881 

in determining diffusion tensor elements, 846 

in image reconstruction, 512 

in linear correction, 948 

of processing linear navigator data, 458, 
459^160 
Lenz's law, 317,322 
Levenberg-Marquardt nonlinear fitting method, 

622, 844 
Linear approximation for RF excitation, 72-74, 

74 
Linear off-resonance correction, 947-948 
Linear eddy currents, 320, 322, 330 

k-space shifts and, 318-319, 328 

preemphasis compensation, 324, 325 
Linear magnetic field gradients, 215 
Linear navigators, 457, 457^158 

correlation method of processing, 458 

excitation pulses for, 457, 460, 460, 461 

least-squares fitting of, 458, 459^160 

multiple acquisition of, 460 

pulse sequence and processing, 464^1-65, 465, 
466 

tracking of diaphragm position, 464 

used in DWI, 470 
Linear-phase ghost, 728, 728 



Linear phase ramps, 438^443 
Linear-phase SLR pulses, 53, 54, 55 

in designing SPSP pulses, 159, 160 

inversion pulses, 77, 81,87 

isodelay in, 75-76 

refocusing pulses, 93 
Linear ramp pulses, 747, 141-142, 216 

gradient ramps, 252 

linear phase ramp, 10 

used in intracranial artery imaging, 140, 
145-146 
Linear slewing, 216 
Line deposit prescription, 229, 236 
Line scan diffusion imaging, 405 
Line scan pulse sequence, 464, 465 
Linogram, 913 

Linogram acquisition (LA), 913-915, 914 
Lipid signal attenuation, 641 
Lipid signal interference, 119 
Lipid suppression, 100 

in 2DTOF imaging, 151, 757 

adiabatic inversion pulses used for, 197 

balanced SSFP, 197, 601-602 

black blood methods compared, 652 

in breast imaging, 857 

"classic" method, 644-645, 645 

composite RF pulses in, 96 

in Dixon's method, 857-858 

in EPI pulse sequences, 732-733 

with GRASE, 744 

inversion recovery pulse sequences for, 
602-603, 608, 622-624, 624 

IR-EPI and, 721 

MT pulses and, 706, 1 13-1 14 

in RARE, 795-797 

SLR pulses for, 778 

spectrally selective pulses for, 1 18-122, 779, 
720 



656 
Liquid proton pool, 104, 705 
Lobes, in SINC pulses, 37-38 
Localizer image, 229, 236 
Local look (LoLo) method, 637 
Local orientation filters, 874 
Local oscillator (LO) signal, 371 
Local susceptibility variations, 946 
Local transmit-receive head coil, 1 14 
Logical amplitudes, 230, 238, 239 
Logical axes, 350-351 
Logical coordinate system, 229, 230 
Logical waveforms, 229, 230, 232 
Longer echo shifting, 767, 767-768 
Longitudinal axis, 21 



Longitudinal magnetization, 349-350, 352 
in adiabatic refocusing pulses, 204, 204-205 
degraded T 2 contrast and, 893-894 
in deriving signal for SE acquisition, 638, 

638-639 
driven equilibrium and, 888, 889 
of fat and blood in DIR and TIR, 655-657, 656 
nulled, in IR, 609-610 
offset frequency and, 106, 707 
in RARE, 784-785 
in SPAMM tagging pulses, 165-166, 766, 

767, 167-168 
for spoiled pulse sequences, 586-589, 588 
at steady state, 583, 586-589, 588 
time-dependent, 607, 608-609 

Long time constant eddy currents, 322-323 

Long time-scale limit, 851 

Looping orders, 662-663, 663 

Lorentz force, 451, 452 

Lorentzian distribution, 581-582 

Low-frequency view reordering, 483^187 

Low-pass filtering, 323, 371-372 

Low-spatial-frequency information, 390, 
390-391 

Ludwig-Helgason conditions, 912 

Lumped LR circuit model for eddy currents, 
320-321,527 

Macromolecular proton pool, 104, 705, 

106-107, 707 
MAG (motion-adapted gating), 467 
Magnetic field inhomogeneity, 79, 624, 63 1 
Magnetic fields: 

gradients, 215, 956 

nonnegligible concomitant fields, 280 

radiofrequency magnetic field, 22, 24-25 

symbols, 955 

See also Concomitant magnetic field; 
Effective magnetic field 
Magnetic flux, 317 

Magnetic Resonance Imaging (MRI), 5, 7 
Magnetic resonance (MR) spectroscopy. See 

Spectroscopy 
Magnetic resonance tractography, 848-850 
Magnetic susceptibility effects, 724, 776 
Magnetic susceptibility variations, 558 

caused by metallic implants, 891 

in EPI, 835 

minimizing effects of, 763 

off-resonance condition and, 79 

SE immunity to, 631 
Magnetization: 

effects of refocusing pulse on, 87-90 

equilibrium magnetization, 141 

initial condition of, 200-201, 207 



Magnetization (continued) 

labeled, bolus of, 807 

precession and nutation of, 22, 48-49, 49 

spatially uniform refocusing of, 200 

symbols, 956-957 

time evolution of, 26-28 
Magnetization component, 785, 785 
Magnetization exchange, 104 
Magnetization inversion, 816-822 
Magnetization preparation (MP), 83 

in black blood angiography, 648, 649, 
652-655, 653, 656 

in fast gradient-echo sequences, 627-629, 628 

MP-RAGE, 601, 607, 616, 627, 681 
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Magnetization-prepared rapid gradient echo 
(MP-RAGE), 601, 607, 616, 627, 890 

RF excitation pulses and, 681 

3D, 628, 628-629 
Magnetization transfer: 

in 3DTOF, 685 

composite RF pulses in, 96, 100 

hard pulses used for, 36 

spectrally selective pulses for, 1 24 
Magnetization transfer contrast (MTC) pulses. 

See Magnetization transfer (MT) pulses 
Magnetization transfer (MT) effect, 105, 1 13 

asymmetric, 825 

balancing, 808-809 

in EPISTAR, 823, 823-824 

introduced by tagging pulse, 818-819 

in PICORE, 809 

in RARE, 797 
Magnetization transfer modules, 635 
Magnetization transfer (MT) pulses, 3 1 , 
103-114,705,706 

choosing frequency offset and sign, 705, 706, 
113-114 

implementation strategies for, 705, 107-1 10, 
108, 109 

MT ratio and direct saturation, 105-107, 707 
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797 



RF pulse shapes for, 709, 1 10-1 14, 1 1 If 
Magnetization vectors: 

in designing adiabatic RF pulses, 200 

in inversion pulses, 77, 77 

on- and off-resonance spins and, 99, 99-100, 
700 

orientation of, 71 
Magnets, 269, 296 

image warping and, 502-503, 503 

shielded gradient coils in, 319, 322 
Magnitude images: 

in iterative homodyne processing, 554, 555, 
556 



lultiple-coil reconstruction, 502 
jise masking, 566, 567 
vo-point Dixon, 863-864 
zero contrast on, 610-61 1 
Magnitude IR images: 
contrast and, 610-611 
in contrast manipulation, 620, 627, 622 
7j mapping for, 622 
Magnitude masking: 

in phase contrast, 667, 665-666, 670-671, 
676 
MARS (maximum absolute row sum), 239, 240 
Mask images, 658, 695 
Matched bandwidth procedure, 643-644, 644 
Mathematical constants, 961 
Mathematical notation, symbols, 958-959 
Matrix, trace of, 842 



Mati 



n,544 



Maximal gradient slew rate, 215, 222 
effects on readout gradients, 252 
not used in diffusion-weighting gradients, 
279-280 
Maximum absolute row sum (MARS), 239, 240 
Maximum intensity projection (MIP), 425, 694, 

697-698 
Maximum-phase SLR pulses, 53, 54, 56, 76, 118 
Maxwell field, 227, 558, 564 
Maxwell phase, 293, 297 
Maxwell's equations, 216, 217, 292 
Maxwell terms, 292 
Mean transit time (MTT), 804-805 
Minimum intensity projections, 657-658, 658 
phase polynomials, 53 
-phase SLR pulses, 38 
as 3D excitation pulses, 436-437 
applications of, 54-55, 56 
in designing ramp pulses, 145 
in designing SPSP pulses, 159 
inversion pulses, 77 
isodelay in, 76 

im-power VR pulses, 65 
im slice thickness, 426-428 
im-TE velocity-encoding gradient 
design, 290-291 
MIP (maximum intensity projection): 
3D signal acquisitions for, 425 
in TOF and CEMRA, 694, 697-698 
Misregistration artifacts, 662-663, 663 
chemical shut misregistration, 874-875 
in diffusion-weighted imaging, 852 
spatial misregistration of oblique flow, 636 
M-mode cardiac profiling, 136 
M-mode (motion-mode) ultrasound, 401 
Mobile pool. See Liquid proton pool 



Modulation functions: 

in adiabatic excitation pulses, 182-183 
in adiabatic inversion pulses, 194 
in adiabatic RF pulses: 

amplitude modulation. See Amplitude 

modulation 
example of, 201-202, 202 
frequency modulation, 183, 190 
manipulation of, 191 
optimization techniques for, 2 1 1 
in BIR-4 pulses, 187 
in BIREF-3 pulse, 210 
in hyperbolic secant pulse, 194 
in refocusing pulses, 201-202, 202 
sinusoidal, 186 
Moment expansion, 336-337 
Moment nulling, 798 
Mosaic EPI, 720, 723-724, 724 
Motion-adapted gating (MAG), 467 
Motional narrowing, 104 
Motion artifacts: 

cardiac triggering to reduce, 454-455 

in DIME, 462-463, 463 

in fMRI, 468^469, 469 

ghosting due to periodic motion, 477, 

482^183 
kinds of, 454-^55 

misregistration artifacts, 662-663, 663 
patient motion. See Patient (bulk) motion 
in projection acquisition, 899 
reducing, 918, 918 
respiratory motion, 455, 473, 481 
rigid body motion, 456-457 
width of trigger window and, 450 
Motion correction: 

in projection acquisition, 912-913 
for spin echo sequences, 837, 838 
using navigators, 461-463 

prospective correction, 461, 465^166 
retrospective correction, 461^463, 463, 474 
Motion insensitivity, 834, 835 
Motion-mode (M-mode) ultrasound, 401 
Motion sensitivity: 

of diffusion imaging, 85 1 
in PRESTO, 773 

of PROPELLER compared to RARE, 918, 
918 
Motion-sensitizing gradients, 217, 274-291 
diffusion- weighting gradients. See 
Diffusion-weighting gradients 
flow-encoding gradients, 281-284, 281-291 
in phase contrast angiography, 659-660 
practical considerations, 282, 290-291 
qualitative description, 281, 285 
quantitative description, 285-290 



MOTSA. See Multiple overlapping thin-slab 

acquisition 
Moving table methods, 679, 695 
MP. See Magnetization preparation 
MP-RAGE. See Magnetization-prepared rapid 

gradient echo 
MR angiographic (MRA) pulse sequences. See 

Angiographic pulse sequences 
MR elastography, 284, 558 
MR fluoroscopy, 396 
MRI receiver. See Receiver design 
MR spectroscopy. See Spectroscopy 
MR thermometry, 558, 763, 772 
MSMA (multislice, multiangle) oblique 

acquisition, 228, 229, 232, 243 
MT effect. See Magnetization transfer effect 
MT module, 108, 108, 109 
MT pulses. See Magnetization transfer pulses 
MT ratio (MTR), 105-107, 107 
MTT (mean transit time), 804-805 
Multichunk MR angiography. See Multiple 

overlapping thin-slab acquisition 
Multicoil arrays. See Phased array coils 
Multidimensional Fourier transforms, 9-10 
Multidimensional RF pulses, 31-32, 125-138, 
126 
alternatives to, 137, 137-138 
applications, 136-138, 137 
k-space concept and, 378 
pulse analysis and design, 126-136 
2D echo planar pulses, 128, 129-133 
2D spiral pulses, 128, 133, 134, 135, 

135-136 
k-space analysis, 126-129, 128 
two-dimensional, 125-126, 126 
Multidimensional tagging, 170, 174-175, 775 
Multi-echo spin echo, 640, 640-646, 641 

able echo, 641-643, 642, 



643 



:s, 640, 



dual-echo SE pulse sequence v; 

643-645, 644, 645, 650 
7"2 mapping, 645-646 
for 72* mapping, 737 

Multiplanar reformatting, 425, 425 

Multiple-acquisition SSFP (CISS), 584f, 
595-596, 596, 597/, 601-602 

Multiple-chunk acquisition, 440-441 

Multiple coils: 

in Dixon's method, 885-886 
multicoil arrays in parallel imaging, 522 
multiple-coil combination, 563, 564 
multiple-coil reconstruction, 501-502, 505 

Multiple inversion recovery, 629 

Multiple nonredundant RF excitations, 722-723 



Multiple overlapping thin-slab acquisition 
(MOTSA): 
in arterial imaging, 146, 146-147, 440 
entry slice effect, 681-682 
in time-of-flight angiography, 679, 686, 688, 

688-689, 698/ 
Venetian blind artifact, 679, 688, 688, 689 
Multiple refocusing pulses, crusher gradients 
for, 309, 310, 310/, 311-313, 641, 642 
both primary and stimulated echo pathways, 

310(, 312, 313 
primary echo pathway, 310, 310/, 311-312, 

312 
stimulated echo pathway, 312, 312 
Multiple-slab 3DTOF acquisitions, 146 
Multiple spectral components, 880-88 1 
Multiple spin-echo pulses, 315, 335-336 
Multiplication, convolution and, 10 
Multiplicative masking method, 567 
Multishot diffusion-weighted imaging: 
interleaved EPI, 470 
motion corruption in, 455, 456-457 
retrospective motion correction, 462 
Multishot EPI, 400, 470, 722-725, 724, 726 
Multishot GRASE, 747 
Multishot RARE: 

contrast manipulation in, 790, 790 
PROPELLER with, 916, 917 
single-shot FSE compared, 783-784, 784 
Multislab acquisition, 440-44 1 
Multislice, multiangle (MSMA) oblique 

acquisition, 228, 229, 232, 243 
Multislice 2D inversion recovery sequences, 

607, 61 1,6/2, 612-615, 613 
Multislice 3D inversion recovery sequences, 

607, 613, 616 
Multislice arterial spin tagging, 822-824, 823, 

825, 826 
Multislice imaging: 

interleaved, 2D imaging, 109, 123, 429, 780 
view sharing and, 57 1 
Multivenc acquisition, 672 

N/2 (N-over-two) ghost, 703, 726-732, 728, 

730, 731 
Navigated fMRI, 402, 455, 461, 468^69, 469 
Navigators (navigator echoes), 365, 454-471 
cardiac imaging, 455, 464-468 
navigator placement, 468 
phase reordering, 461, 466-467 
prospective gating, 461, 465-466 
pulse sequence and processing in, 464-465, 

465, 466 
retrospective respiratory gating, 467—468 
slice following, 461, 466 



cardiac triggering used with, 444 

data acquisition and processing, 457, 
457^160, 460, 461 

diffusion-weighted imaging, 455, 458, 
470-471 

echo generation, 94 

fMRI, 402, 455, 461, 468^*69, 469 

linear. See Linear navigators 

motion correction, 455, 461-463 
prospective correction, 46 1 
retrospective correction, 461-463, 463, 474 

real-time, for fMRI, 402 

for respiratory motion monitoring, 477 

rigid body motion and, 456-457 
Nesting phase encoding loops, 439 
Net magnetic field vector, 295 
Neurofunctional MRI (fMRI). See Functional 

magnetic resonance imaging 
Noise magnification (geometry factor), 531 
Noise masking: 

in phase difference image reconstruction, 
566-567 

in phase encoding, 661, 665-666 
Noise variance, 501 
NOMs (numerically optimized modulations), 

183, 184, 185 
Nonadiabatic excitation, 181-182, 182 
Nonadiabatic inversion pulse, 192 
Nonadiabatic RF pulses, 31 

in double inversion recovery, 653 

hard pulse approximation, 43^45, 44 
Noncollinear gradient directions, 832, 847 
Nonconstant receiver gain, 433 
Non-CPMG RARE, 798 
Non-Fourier imaging, 780 
Nonideal refocusing pulses, 790-79 1 
Noninterleaved multishot spiral, 929 
Nonlinear fitting, 646 
Nonlinear fitting algorithms, 844 
Nonlinearity in Bloch equations, 42, 56-57, 73, 
74 

effect on selective excitation pulses, 75 

slice profile and, 91, 92 
Nonrectilinear k-space trajectories, 948 
Nonrectilinear sampling methods, 424-425 
Nonselective 3D acquisition, 433^436, 433^137 
Nonselective inversion pulses, 82-83, 608 
Nonselective refocusing pulses, 85-86, 93-94 
Nonseparable (radial) window, 496-498, 

497-499 
Nonuniform excitation, 1 78 
Nonuniform sampling, 506-507 
Normalization factor: 

normalization factor of l/N, 11,13 

In normalization factor, 8-9, 1 1 



Normalized IFT, 8 

N-over-two (N/2) ghost, 703, 726-732, 728, 

730, 731 
Nulling time, 609-610 
Number of cardiac phases, 415 
Numerically optimized modulations (NOMs), 

183, 184,785 
Nutation angle. See Flip angle 
Nutation of magnetization, 22, 48^9, 49, 49 
Nyquist criterion, 17, 259, 367-370, 368, 930 
in gridding, 520 

k-space sampling and, 369-370, 382, 
525-526,541 
Nyquist frequency, 507 
Nyquist ghosting, 329, 729, 835 

caused by eddy currents, 317, 318, 327-329, 

729 
in echo planar imaging, 703, 726-732, 728, 

730, 731 
in mosaic EPI, 724 
oblique, 728, 728-729, 735 
reducing, 729-732, 730, 731 
spatially independent phase error and, 
727-728, 728 
Nyquist sampling: 
azimuthal, 920, 937 
requirements for: 
in 2D PA, 906 

in linogram acquisition, 914, 915 
in PROPELLER, 916 
in spiral acquisition, 936 
scan-time reduction and, 899-900 
Nyquist shift, 15-16, 16 

Oblique acquisitions (obliques): 
gradient amplitude and, 7 1 2 
gradient lobe shapes for, 228-242, 229 
applications, 229, 240-242, 241 
graphic prescriptions for, 235-238 
mathematical description, 231, 232/, 

233-240, 234/ 
qualitative description, 228-229, 230, 231, 

231-233,232; 
restrictions on, 230, 238-240 
slice selection and, 267 
three-point prescription for, 232/, 236-238, 
237 
Oblique axial-coronal waveform mixing, 230, 

235 
Oblique Nyquist ghost, 728, 728-729, 735 
Odd/even slice acquisition order, 411, 411^14, 

4/5,414? 
Off-center field of view (FOV), 255, 263-264 
Off-resonance effects: 

in 2D RF pulse design, 127 



adiabatic excitation pulses and, 178 

in adiabatic refocusing pulse design, 201, 

207-208, 208 
bandwidth and, 725 
on binomial pulses, 100-101 
BIR-2 pulse tolerance to, 186 
BIREF pulse tolerance to, 209 
effects of refocusing pulses on, 85 
in EPI, 377, 704 

frequency modulation function and, 193 
image distortion, 733, 733-734 
in inversion pulses, 79, 80 
RARE less sensitive to, 776 
in refocusing pulses, 90, 90-91 
during RF pulses, 90,90-91 
SE immunity to, 631 
sources of, 79 
in spiral pulses, 133,377 
in variable-rate pulses, 63, 64 
velocity-preparation pulses and, 283, 289 
e irradiation, 823-824 
e phase accumulation: 
in GRASE, 744-746, 745 
removing, 947-948 
Off-resonance spins (lipids), 60, 63, 64, 267, 

269, 270 
Off-resonant excitation pulses, 101, 101-102 
Offset slabs, 438^139, 439 
OIL FLAIR (optimized interleaved FLAIR), 

613, 627 
One-dimensional FT pairs (1D-FT), 1 1, 12/- 13/ 
One-dimensional gridding algorithm, 508-509, 

512,518-519 
One-dimensional IR sequences, 61 1 
One-dimensional Tukey window, 495^96, 496 
One-sided velocity-encoding gradient design, 
290, 662 

e condition, 69, 73, 74, 77, 79 
e spins (water), 60-61, 67, 68 
Operator-selected delay (OSD), 449 
Opposed-null SPSP pulses, 158 
Opposed-phase image, 860, 860-861, 861, 862, 

867 
Optical coupling, 476, 476 
Optic nerve imaging, 857 
Optimal (distributed) IR acquisition, 613, 615 
Optimal phased array algorithm, 530, 539 
Optimized bandwidth procedure, 643-644, 644 
Optimized flip angle profile, 141, 141-142 
Optimized interleaved FLAIR (OIL FLAIR), 

613, 627 
Orbital navigators, 457, 458^159, 460 
Orientation vector, 619 
Original two-point Dixon method, 858-864, 
860-862 



Orthogonal rotati 

234r 
Orthonormal matrices, 233-234 
Oscillating gradient waveform, 1 54, 154, 

155-158,756,757 
OSD (operator-selected delay), 449 
Out-of-phase image, 860, 860-861, 861, 862. 



Out-of-slice contamination, 477, 41 1^12 
Overcontiguous slices, 679, 680 
Overranging, prevention of, 432 
Oversampling the coil, 434, 434 
Oversampling the object, 434, 434, 930 
Overscan data, 546, 547, 548 
Overshoot artifacts. See Truncation artifacts 

PA. See Projection acquisition 
Packs, 409 

"Pancacke flipping," 205-207, 206 
Parallel-beam CT, 775, 897, 911 
Parallel imaging: 

to alleviate geometrical distortion, 400 

applied to 3D scans, 441, 525 

artifact reduction with, 525 

in CEMRA, 525, 526 

combined with 3D acquisitions, 441 

GRAPPA, 536, 537, 542, 543, 543 

k-space perspective and, 378 

multicoil arrays, 522 

PILS, 544 

RARE with, 525 

in real-time acquisitions, 395 

self-calibrated, 540, 540-541 

sensitivity encoding (SENSE) technique, 366, 

401,441,478 
SE pulse sequences for, 632 
SMASH method, 536, 539 
with spin echo sequences, 837 
UNFOLD technique, 401 
use in breath-hold scans, 478 
Parallel-imaging reconstruction, 366, 383 
to accelerate PRESTO acquisition, 771 
harmonics in, 533-534, 534, 542 
real-time imaging in, 401 
SENSE, 523, 527-531, 528, 529 
sensitivity calibration, 524-525, 536-543 
AUTO-SMASH, 536, 537, 541, 541-542, 

543 
direct sensitivity measurement, 540, 

540-541 
GRAPPA, 536, 537, 542, 543 
indirect sensitivity measurement, 541, 

541-542, 543 
practical considerations in, 542-543 
sensitivity normalization, 537-540 



231, 232/, 233-236, SMASH, 532-536 



)rithm for, 523, 532-536, 
534, 535 
is of, 536 
Parallel imaging with localized sensitivities 

(PILS), 544 
Parameter selection, 374-377. 375 
Parks-McClellan algorithm, 52-53, 56 
Parseval's theorem, 10-1 1 
Partial echo data collection, 902, 903, 903-904 
Partial echo technique, 250-251, 251, 547 
acquisition and reconstruction, 579 
to minimize TE, 660, 674 
partial-echo balanced SSFP, 598-599, 601 
prephasing gradient design and, 253 
with SE pulse sequences, 635, 637 
Partial Fourier acquisitions: 
keyhole methods, 385 
in real-time, 395 
reducing scan time, 547 
Partial Fourier encoding, 262-263, 263 
Partial Fourier fraction, 547-548, 553 
Partial Fourier image reconstruction, 17, 366, 
546, 546-557 
to accelerate PRESTO acquisition, 771 
homodyne processing, 549-554, 669 
correction for imaginary component, 

551-553,552,555 
in Dixon's method, 884-885 
extension to 2D and 3D k-space, 546, 

553-554, 555 
Hermitian conjugate replacement, 
549-551,550 
iterative homodyne processing, 554-557, 555, 

556 
zero filling, 548, 553, 557 
Partial k-space updating methods, 383-392 
BRISK, 387-389, 388 
in CEMRA, 692-693 
keyhole acquisition, 384—387, 695 
applications of, 387 
data acquisition, 384-385, 385 
reconstruction, 385-387 
real-time, 395-396 
reduced field of view methods, 384 
TRICKS. See Time-resoved imaging of 
contrast kinetics 
Partial NEX, 366, 547 



Partial volume artifacts: 
minimizing, 158, 229, 241 
in opposed-null SPSP pulses, 158 
in phase contrast angiography, 668, 675 
reduced with zero filling, 548 



Partial volume effects, 671, 671-672 

Partition, 424 

PASL. See Pulsed AST 

Passband, 68, 69, 116,7/6 

Passband ripple, 48/, 54, 57 

Passes, 409 

Patient coordinate system, 23 1 

Patient geometries, 231, 232r 

Patient (bulk) motion: 

bulk motion artifacts, 454^55, 642, 643, 685 
in diffusion-weighted imaging, 852-853 
rigid body motion, 456^157 

coil sensitivity calibration and, 542-543 

double exposure misregistration artifact and, 
688 

freezing, 830 

uncooperative patient, 918, 918 
Patient-orientation dependence, 841, 841-842 
Peak of echo, 633-634, 634 
Peak-slope detection, 446 
Peak suppression, 162-163 
Perfusion: 

in arterial spin tagging, 803-804 

parameters for AST, 803-805 
blood volume, 804 

perfusion, perfusion rate, and blood flow. 

803-804 
tissue-blood partition coefficient, 805 
quantification of, 83, 806-807 

in continuous arterial spin tagging, 

820-822, 822 
by image subtraction. 814-816, 816 
in pulsed AST, 813-816 
QUIPSS. 815-816, 816 
scan time in, 823 
tissue function and, 802, 803 
Perfusion imaging, 763, 772 
Perfusion pulse sequences. 109. 802-826 
Perfusion rate, 803-804, 815 
Period, of oscillating gradient, 155, 156 
Periodically rotated overlapping parallel lines 
with enhanced reconstruction 
(PROPELLER), 915-919, 916, 918 
k-space data consistency, 840 
k-space trajectory, 382, 761 
RARE compatible with, 775 
turboprop, 761,918-919 
Periodicity, 12r-13r, 17 
Peripheral monitors, 448 
Peripheral nerve stimulation, 937-938 
Peripheral pulse monitoring, 453 
Peripheral triggering, 448 
PET (positron emission tomography), 514 



Phase accumulation: 

in 2D RF pulse design, 127 
in GRASE, 756-757 
in moving and stationary spins, 281, 285 
off-resonance: 
in EPI, 745 

in GRASE, 744-746, 745 
removing, 947-948 
in prephasing gradients, 246, 247 
in SE pulse sequences, 603 
Phase cancellation artifact, 602-603 
Phase coherence, 589-590 
Phase-compensated RARE sequences, 794 
Phase contrast (PC) angiography, 275-276, 
659-677, 660, 661, 676 
acquisition and reconstruction, 662-674 
bipolar gradient and VENC, 660, 662-664, 

663 
complex-difference reconstruction, 661, 

665, 669-67 1. 670 
flow quantification, 666-669, 676, 677 
image sensitive to flow in three directions, 

672-674 
partial volume effects in, 671, 671-672 
phase difference reconstruction, 661, 
664-666, 665 
aliasing in, 561,562 
bipolar velocity-encoding gradients in. 281, 

282, 299 
diffusion-weighting gradients and, 275-276 
gradient first moment in, 287 
hyperintense blood signal and, 580-581 
phase difference map for, 559 
practical considerations, 660, 665, 674-675, 

677, 677 
thick-slab 2D, 358, 361. 695 
3D pulse sequences. 662 
toggled gradient lobes in, 282, 282, 299 
gradient echo pulse sequences, 660, 

660-662. 661 
to minimize artifacts, 662-663, 663 
twister gradients used in, 357-358, 358, 361, 
361 
Phase-contrast imaging, 552 
eddy current effects in, 317, 319 
three-direction (speed) image, 672-674 
Phase contrast velocity correction, 327 
Phase-corrected complex difference, 670, 670 
Phase correction, 618-620 

for concomitant magnetic field, 559 

of diffusion imaging, 851 

eddy-current phase correction, 670-67 1 

in GRASE. 759-760 

in PROPELLER, 917 

using reference scans, 729-732, 730, 731 



504 
it effects, 895 



Phase cycling: 

for ba: 

to correct eddy cur 

CPMG, 640, 646 

in CISS, 584r, 596 

intrasequence, 422^-23 

k-space view order and, 420 

to remove artifacts, 374, 420f, 420-422, 421 

techniques, 156 
Phase-cycling schedule, 585-586 
Phased array coils: 






522 



estimating, 524-525 
for SMASH, 532, 533-534, 534 
ladder array, 525, 533-534, 534 
multiple coil arrays, 885-886 
multiple coil data, 562-564 
in parallel-imaging 
in phase difference image 
562-564 

Phase determination methods, 875-879 
other methods, 879 
polynomial fitting, 875-876 
region growing, 876-877, 877, 878, 879 
Phase diagram, 785, 785 
Phase difference image reconstruction, 365-366. 
558-567, 559 
in PC angiography, 661, 664-666, 665 
quantitative description of, 559-567, 560 
arctangent operation, 560-562, 562 
correction of predictable phase errors, 564 
image scaling, 565-566 
image warping, 562, 565 
noise masking, 566-567 
phased-array multiple coil data, 562-564 
three-direction images, 673 
Phase difference imaging: 

phase subtraction in, 298-299, 299 
velocity-tagged images, 289-290 
Phase difference map, 558-559, 559, 946-947 
algorithm to reconstruct, 563 
in noise masking, 566 
Phase discontinuities, 748, 756-759, 757. 758 
Phase dispersion, 84, 85 

caused by crusher gradients, 307 
isodelay and, 75 

slice-rephasing lobes and, 271, 271-273, 272 
in SPAMM tagging pulses, 165, 1 65- 
transverse magnetization and, 351-352, 352, 
353 
Phase encoding, 217, 256-257, 424, 424 
centric ordered (COPE), 486, 486-487 
consistency criteria in, 262-263 



766 



direct, 872-874. 873 

phase unwrapping in, 562, 562, 873 
sign choice in, 872-873, 873 
SNR in, 874 

effective dwell time in, 716 

full Fourier encoding, 262, 263 

hybrid-ordered (HOPE), 487 

in-plane, 424 

magnitude masking in, 661, 665-666 

partial Fourier encoding, 262-263, 263 

respiratory ordered (ROPE), 485, 486 

rotated bands, 749-750, 750, 751 

secondary, 256-257, 424, 424 

sequential, 746-747, 747 

in spatial localization, 256, 256-257, 257 

steps in, 257-260, 258, 264-265, 478^179 
Phase-encoding bandwidth, 716, 723-724 
Phase-encoding gradients, 256, 256-265, 257 

blip phase-encoding gradient, 715, 717, 771, 
771-772 

constant, 743-744 

conventional, 781-782 

EPI phase-encoding gradient, 714-717, 715 

flow encoding added to, 29 1 

implementation, 260-265, 262, 263 

mathematical description, 257-260, 258, 261 

in RARE, 260, 778, 779, 781-782 

rewinding gradient, 260, 262, 636-637 

sequential method, 261-262 

used as spoiler, 586 
Phase-encoding gradient waveforms, 219 

in GMN, 345, 345-347, 346 

offsets in, 237, 238 

target amplitude for, 230, 239-240 

velocity-compensated, 345, 345-347, 346 
Phase encoding loops, 439 
Phase-encoding order, in GRASE, 744-756, 
745 

3D GRASE, 755-756, 756 

TIPE GRASE, 754 

2D k-banded phase-encoding order, 748, 
751-754, 752, 753 

2D GRASE linear phase-encoding order, 
746-747, 747 

2D GRASE standard phase-encoding order, 
747-751,748-757, 784 

2D vertical GRASE, 754-755, 755 
Phase-encoding/phase-rewinding pair, 782, 790 
Phase errors, 616 

cancellation of, 794 

caused by B -field inhomogeneity, 669 

caused by eddy currents, 558, 564, 668-669 
crusher gradients and, 315 
diffusion-weighting gradient amplitude 
and, 280 



effect on images, 318-319 
GMN and, 348 
image warping and, 503 
measurement of, 299 
origin of, 317, 317^-318 
produced by spoiler gradients, 356-357 
residual eddy currents, 668-669 
concomitant-field phase error, 558, 564, 668 
in echo planar imaging, 304 
in phase contrast imaging, 668, 669 
in EPI image reconstruction, 725-726 
in extended two-point Dixon, 864-866 
image intensity and, 616-617 
in mosaic EPI, 723 
polarity function and, 617 
predictable, 564 
RARE-type, 760 
in single-point Dixon, 879-880 
spatially independent, 727-728, 728 
strategies to cancel or reduce, 298-304 
subject-dependent, 617 
in velocity-encoding waveforms, 282, 290 
violation of CPMG condition and, 836 
Phase map, 558, 617, 879 
Phase modulation: 

in adiabatic excitation pulses, 184, 185 
frequency modulation converted to, 187-188, 

188 
in GRASE, 741 

in interleaved multishot EPI, 724 
to reduce ghosting, 793-794 
Phase offset multiplanar encoding (POMP), 43 1 
Phase offsets, 187-188, 188 
Phase order. See k-space view order 
Phase reordering. See View reordering 
Phase-rewinding gradients: 
in GRASE, 740, 743 
in RARE, 778, 779 
Phase-sensitive inversion recovery (PSIR), 608, 

616-620, 618, 621, 622 
Phase-sensitive thermal imaging, 298-299, 299, 

552 
Phase shifting, 493, 493^194, 494 
Phase shifts: 

in BIR pulses, 186 
eddy currents and, 328-329 
for offset slabs, 438, 439 
overcoming, 547 

of transverse magnetization, 891-892 
Phase slope calculations, 617-619, 618 
Phases of respiration, 474-475 
Phase subtraction, 298-299, 299 
Phase twist, 358-359, 359 
Phase unwrapping: 

in direct phase encoding, 562, 562, 873 



in Dixon's method, 875-876 

phase correction, 618, 619 

region growing, 876-877, 877, 878, 879 
Phase-velocity mapping, 661, 661-662 
Phase wraps, 527-528, 559 

arctangent operations and, 560 

avoiding, 552 

in two-point Dixon, 865 
Physical constants, 960-961 
Physical coordinate system, 229, 231, 231, 232; 
Physical quantities, symbols, 955 
Physical units in DFT, 13-15 
Physiologic gating, triggering, and monitoring 

cardiac triggering. See Cardiac triggering 

navigators. See Navigators 

respiratory gating. See Respiratory gating and 
compensation 
Picket fence function, 516-519 
PICORE (proximal inversion with a control for 
:e effects), 809-810, 810, 823, 



PILS (parallel imaging with localized 

sensitivities), 544 
Pixel-by-pixel ADC values, 831, 843 
Pixels: 

magnitude operations, 5, 14-15 

Nyquist shift and, 16 

seed pixel, 877, 877 
Pixel size, 288, 289, 500 
Planar imaging. See Two-dimensional imaging 
Plane rotation, 200-201 
Plateaus, 339-341,340/ 
Pneumatic bellows monitoring, 476, 476 
Point-spread function (PSF), 17, 898 

alias-free zone, 906-907 

FWHM of, 691-692 

in windowing, 495, 496, 497 
Poisson equation, 879 
Polar angle, 71 
Polarity: 

alternating, 883 

of readout gradients, 706, 706-707 

of spoiler gradients, 350, 354, 355 
Polarity function, 617, 619-620, 627 
Polar k-space data, 775 
Polar projection angles, 907, 908, 908 
Polynomial fitting, 875-876, 880 
POMP, see Phase offset multiplanar encoding 
Positron emission tomography (PET), 514 
Postacquisition image processing, 853 
Postprocessing, 694, 697-698 
Potato chip effect, 502, 503 
Precession period, 49 
Precession plane, 205-207, 206 
Preemphasis calibration, 853 



Preemphasis compensation, 324-325 
Preparation pulses: 

bipolar velocity-encoding waveform, 283, 

283-284 
magnetization preparation pulses, 164 
RF preparation pulses, 929 
Prephasing gradient lobe, 217, 245 
design of, 253-254 
in gradient-echo pulse sequences, 245, 246, 

246, 247, 248 
negative, 770,771 
purpose of, 245-246 
readout gradient lobes and, 707 
in spin-echo pulse sequences, 246, 247, 248 
Presaturation, 148 
PRESTO. See Principles of echo shifting with a 

train of observations 
PRF (proton resonance frequency), 772 
PRF thermometry, 772 
Primary echo pathway, 310, 31 Of, 311-312, 312, 

313 
Primary (in-plane) phase encoding, 424 
Primary spin echoes: 

CMPG condition 2 and, 786, 787-788, 836 
coherence pathways, 785, 786, 786 
Principal diffusion coefficient, 834, 847-848 
Principles of echo shifting with a train of 
observations (PRESTO), 576, 763-773 
applications of, 766, 772-773 
echo-shifted gradient echo, 763-770 
basic ES pulse sequence, 763-765, 764 
general echo-shifting gradient lobes, 764, 

765, 766, 767, 767-768 
spoiling and signal considerations, 766, 
767, 768-770 
echo train echo-shifted sequences, 764, 770, 
770-772, 771 
Projection acquisition (PA), 897, 897-924, 898, 
900, 901 
diffusion weighted, 840 
frequency-encoding gradients in, 243 
with intrinsic frequency dimension, 922 
k-space trajectory in, 381, 381-382 
mathematical description of, 902-912 
reconstruction, 909-912 
3D PA, 901-902, 907-909, 908 
2D PA, 898, 900, 901, 901-907, 903-905 
phase reordering in, 467 
practical considerations, 903, 922-924 
radial. See Radial projection acquisition 
RARE compatible with, 775 
SE pulse sequences in, 632 
stacked, 391, 391 
3D, 424-425 
TRICKS and, 391, 391, 902 



variations and advanced topics, 9 1 2-922 

linogram acquisition, 913-915, 914 

motion correction, 912-913 

PROPELLER, 915-919, 916, 918 

RAD-FSE, 919-921,92i 

RAD-GRASE, 761, 900-901, 921-922 

VIPR, 919, 920 
Projection data consistency, 474 
Projection dephaser gradients. See Twister 

gradients 
Projection imaging. See Projection acquisition 
Projection reconstruction. See Projection 

acquisition 
Projections (slabs), 357, 424, 434, 437, 

438^139, 439 
Propagation delay, 449 
PROPELLER. See Periodically rotated 

overlapping parallel lines with enhanced 



Proportionality relationship in slice selection, 



Prospective correction, 455, 461 
Prospective gating, 46 1 , 465-466 
Prospectively triggered ECG pulse sequences, 

448-450, 449, 668 
Proton density-weighted contrast, 630, 63 If, 

640, 640, 641 
Proton resonance frequency (PRF), 772 
Proton spectroscopic imaging, 118 
Proximal inversion with a control for 

off-resonance effects (PICORE), 809-810, 

810, 823, 824 
PSF. See Point-spread function 
PSIF (reversed fast imaging with steady [-state 

free] precession), 584f 
PSIR (phase-sensitive inversion recovery), 608, 

616-620,6/5,62/ 
Pulmonary ventilation. See Respiration 
Pulsatile flow artifacts, 331, 627, 650, 684, 685 
Pulsed AST (pulsed arterial spin labeling 

[PASL]), 807-816 
EPISTAR, 807-810, 808, 810 
FAIR, 810-813, 811 
quantitative perfusion calculation, 813-816 

apparent T\, 813-814 

perfusion quantification by image 
subtraction, 814-816, 816 
slice profile and, 826 
Pulsed Fourier transform spectroscopy, 888 
Pulsed MT method, 108 
Pulse modules, 797-798 
Pulse oximeter, 448 
P wave, 445, 445-446 



QRS complex, 445, 445^146, 450 
q-space imaging, 830, 832, 850-851 
q-space variable, 850 
Quadratic nulling, 302, 302-303 
Quadrature B\ field, 24 
Quadrature detection, 370, 371-372 
Quadrature ghost, 373 
Quadrature imbalance artifacts, 642, 643 
Quantitative apparent diffusion coefficient 

(ACD) mapping, 831, 843-845 
Quantitative diffusion coefficient mapping, 830, 

831, 831 
Quantitative imaging of perfusion using a single 

subtraction (QUIPSS), 815-816, 816 
Quantitative perfusion calculation, 813-816 
apparent T { , 813-814 

perfusion quantification by image subtraction, 
814-816,876 
Quantitative perfusion map, 806 
Quantitative velocity errors, 317 
Quantization noise, 432-433 
QUIPSS (quantitative imaging of perfusion 

using a single subtraction), 815-816, 816 
QUIPSS II, 815-816, 816 



RA (relative anisotropy), 848, 852-853 
Radial acquisition. See Projection acquisition 
Radial FSE (RAD-FSE), 919-921, 921 
Radial GRASE (RAD-GRASE), 761, 900-901, 

921-922 
Radial projection acquisition, 400-401, 576, see 
also Projection acquisition: 

density compensation for, 5 1 5 

GRE pulse sequences used in, 582 

k-space trajectory in, 381, 381-382, 506 

for real-time acquisitions, 400 

reconstruction of, 506-507 

view sharing, 568, 569 
Radial SINC interpolation, 91 1-912 
Radial (nonseparable) window, 496-498, 

497^99 
Radiofrequency (RF) excitation pulse, 27 
Radiofrequency (RF) magnetic field, 22, 24-25 
Radiofrequency (RF) power deposition, 779 
Radiofrequency (RF) pulse functions, 67-94 

excitation pulses, 67-76, 68, 69 

inversion pulses, 77, 77-83 

refocusing pulses, 84-94, 85 
Radiofrequency (RF) pulses, 31-34 

adiabatic,31,32, 177-212 

composite, 31,96-103 

digital representation of, 5 1 

multidimensional, 31-32, 125-138, 126 



pulse functions, 31,67-94 

pulse shapes, 31, 35-66, 77 

spatial. See Spatial RF pulses 

spatially selective, 31-32,797 

spectral. See Spectral RF pulses 

spectrally selective, 31 

symbols, 956 

See also specific pulses and pulse types 
Radiofrequency pulse shapes, 31, 35-66 

of inversion pulses, 77 

rectangular pulses, 35, 35-37 

SINC pulses. See SINC PULSES 

SLR pulses. See SLR pulses 

variable-rate pulses, 31, 58-66, 59 
Radiofrequency spin echo pulse sequences. See 

Spin-echo pulse sequences 
Radix, 18 
Radon space, 9 1 3 
RA maps, 852-853 
Ramp filter, 910, 911 
Ramp (TONE) pulses, 31, 32, 138-147, 139, 140 

applications and related pulses, 140, 145-147, 
146 

implementation details, 145 

linear. See Linear ramp pulses 

mathematical description of, 141r, 142-145 

qualitative description of, 139-142, 141 
Ramp (TONE) ratio, 139 
Ramp sampling, 708, 709 

catch-and-hold gradients and, 708, 714 

EPI scan without, 710-711 

with projection acquisition, 912 

for sinusoidal readout gradient, 713, 713-714 

trapezoidal gradient area and, 711-712 
Rapid acquisition with relaxation enhancement 
(RARE; fast spin echo; FSE), 109, 576, 
625, 774-799 

in black blood angiography, 648, 649, 
650-652, 651 

bright blood angiography compared, 651, 651 

in combination with STIR, 623 

contrast manipulation, 788-791, 789, 790 

crushers used in, 312, 313, 315-316 

DE preparation with, 895 

in diffusion imaging, 836-837, 837, 838 

diffusion-weighting gradients in, 276 

echo stabilization in, 147 

eddy current effects, 317, 327, 328 

EPI faster than, 705-706 

fast recovery applied to, 890, 891, 892, 893 

fat problem in, 859, 883-885, 885 

FLAIR sequence based on, 625, 625-627 

GMN used in, 332 

GRASE compared, 743 



Rapid acquisition with relaxation enhancement 

image artifacts, 791-794 

blurring, 791-792, 792, 793 

edge enhancement, 789, 792-793 

ghosting, 785, 786, 793-794 
in inversion recovery, 606, 613, 614, 615, 616 
k-space trajectory in, 381 
off-resonance phase accumulation, 745 
with parallel imaging, 525 
phase-encoding gradients in, 260, 778, 779 
practical considerations, 795-797 

bright lipid signals, 795-797 

magnetization transfer effect, 797 

specific absorption rate, 795 
PROPELLER and, 916, 917, 918, 918 
pulse sequences, 776-784 

echo train length, 776-778, 777 

single-shot v. multishot, 783-784, 784 

3D RARE, 781-783, 782 

2D RARE, 778, 778-781, 781 
readout gradients in, 245 
real-time acquisitions, 395 
refocusing pulses used in, 94, 836 
in respiratory gating, 481 
signal pathways and CPMG condition, 

784-791, 785, 786 
spiral acquisition and, 928, 928, 929, 945 
T 2 weighted, 857, 859, 883-885, 885 
3D: 

multislab acquisition, 441, 616 

noise quantization in, 433 

3D RARE, 781-783, 782 
time-dependent longitudinal magnetization in, 

609 
time-of-flight images compared, 651, 651 
TSE pulse sequences, 109 
ultrafast pulse sequences used in, 473 
al MT suppression, 109 
is of sequences, 797-799 

dual-echo RARE, 797 

non-CPMG RARE, 798 

RARE with other pulse modules, 797-798 

RARE with variable encoding time, 
798-799, 799 
view order in, 262 
See also Diffusion imaging 
r-CBF (regional cerebral blood flow), 804 
r-CBV (regional cerebral blood volume), 804 
Readout bandwidth, 367-377 

mathematical description, 367-370, 368, 369 
operator parameter selection, 374-377, 375 
receiver design, 370-374 

demodulation and quadrature detection, 
371-372 



design trade-offs, 374 
direct-conversion analog receiver, 373, 

373-374 
MR signal, 370-371 
See also Receiver bandwidth; RF bandwidth; 
Time-bandwidth product 
Readout gradient amplitudes, 923-924 
Readout gradient lobes, 217, 223, 245, 282 
in 2D RARE, 779 
in 3PD acquisition, 884, 885 
amplitude and duration of, 248 
inEPI, 706,706-714, 708 
catch-and-hold, 708, 714 
sinusoidal, 708, 709, 713, 713-714 
trapezoidal, 708, 708-713, 709 
gradient design, 252, 253-254 
to minimize phase accumulation, 377 
spiral readout gradient, 216 
time- varying, 255 
Readout gradient waveforms, 781, 782, 937, 

939-940 
Real-time imaging, 394^04, 395 

acquisition and reconstruction strategies, 394, 
399—401 
HASTE, 400, 525, 526, 783 
M-mode imaging, 401 
other k-space trajectories, 400-401 
parallel-imaging reconstruction, 401 
2D gradient echo, 399-400 
example applications of, 401^104 

fluoroscopically triggered MR angiography, 

403, 403-tt)4 
interactive scan plan prescription, 402, 402 
sliding window reconstruction, 568-569, 569 
spiral acquisition, 395 
terminology, 394-396, 397, 398-399 
view sharing in, 568-569, 569 
Real-time modification of pulse sequences, 853 
Real-time navigator echoes, 402 
Real-time respiratory monitoring, 476, 476 
Real-time shim adjustment, 455 
Receiver bandwidth: 

choice of, 375, 375-376, 377 
variable, 643-644, 644 
width of: 

in multishot EPI, 725 
in single-shot EPI, 722 
trapezoidal readout gradient and, 709-71 1 
See also Readout bandwidth, RF bandwidth; 
Time-bandwidth product 
Receiver baseline offsets, 421 
Receiver coil sensitivity, 504 
Receiver design, 370-374 
demodulation and quadrature detection, 
371-372 



design trade-offs, 374 

direct-conversion analog receiver, 373, 
373-374 

dynamic range requirements, 431^133 

MR signal, 370-371 
Receiver-gain adjustment, 504 
Reciprocal spatial vector, 850 
Rectangle function. See RECT function 
Rectangular field of view (FOV), 263, 499-500 
Rectangular gradient lobes, 278-279 
Rectangular inversion pulses, 77 
Rectangular pulse, 819 
Rectangular (hard) pulses (RECT), 31, 35, 
35-37, 68 

binomial pulses, 113 

in SPAMM, 165 

spectrally selective, 124 

uses of, 36, 37/, 85-86, 110 
Rectangular refocusing pulses, 93-94 
RECT function, 12?- 13/, 17 

gridding kernel and, 513,519 

SINC pulses and, 37 

truncation and, 492, 495 
Rectilinear (Cartesian) k-space trajectories, 467, 
469 

in Fourier reconstruction, 491^92, 497 

ghosting due to periodic motion, 477, 
482^*83 

gridding and, 506 

in parallel-imaging reconstruction, 524 

PA replaced by, 898 

in PROPELLER, 916, 916 

in RARE. See Rapid acquisition with 
relaxation enhancement 

rectangular FOV and, 499 

uniform sampling, 517-518 
Reduced echo-train EPI, 136-137 
Reduced-encoding imaging by 

generalized-series reconstruction (RIGR), 
385, 386-387 
Reduced field of view (rFOV) methods, 384 
Reference data, 384, 759-760 
Reference frame, rotating, 3, 21, 21-28, 22 
Reference scans: 

for phase error correction, 617, 794 

to reduce Nyquist ghosting, 729-732, 730, 
731 

T 2 correction and, 792 

in TIPE GRASE, 754 
Refocusing, 31,32, 12 
Refocusing pulses, 84-94, 85, 719, 720, 720 

adiabatic, 200-212,207 
adiabatic condition and, 1 80 
applications, 212 



design principles, 202, 208-21 1 
practical considerations, 211-212 
principles of adiabatic refocusing, 201-208 
example, 201-203, 201-204 
longitudinal magnetization and, 204, 
204-205 

;e effects, 201, 207-208,205 
>e magnetization and, 205-207, 
206 
applications of, 94 
with crushers, 5 1 , 57, 3 1 5 

dephasing and rephasing effects, 307, 307 
multiple refocusing pulses, 309, 310, 31 Of, 

311-313 
single refocusing pulse, 307, 308-309 
in GRASE, 744 
imperfect, 94, 836 
inversion pulses compared, 78 
mathematical description of, 87-9 1 
effects on magnetization, 87-90 
off-resonance effects, 90, 90-91 
in non-CPMG RARE, 798 
nonideal, 790-791 
phase-reversal effect of, 640 
practical considerations, 91-94, 92, 93 
nonselective pulses, 93-94 
spatially selective pulses, 85, 91-93, 92, 93 
qualitative description of, 85, 86-87, 87 
for SAR management, 795 
SINC refocusing pulses, 41, 42, 42/ 
stimulated echo and, 307, 308, 308 
train of, in RARE, 778, 778-779 
waveform reshaping with, 300, 300-301 
Regional cerebral blood flow (r-CBF), 804 
Regional cerebral blood volume (r-CBV), 804 
Region growing, 619, 620, 876-877, 877, 878, 

879 
Regularization,531 
Reilly curve, 216 

Relative anisotropy (RA), 848, 852-853 
Relative anisotropy map, 849 
Remez exchange algorithm, 52-53, 56 
Rephasing lobes, 127, 128, 130 
Repolarization, 446 
Residual volume, 475 
Resistive shim coils, 325 
Resistive shimming, 1 22 
Resonance, 74-75 
Resonance offsets, 49, 88, 819-820 
in adiabatic refocusing pulses, 210 
blurring caused by, 932-933, 933, 934 
effect on inversion pulse, 79, 80 
in RF spin echo, 858-859 
in SPSP pulses, 157, 163 



Respiration: 

average period of respiratory cycle, 480 
basics of, 474-476, 475 
heart motion and, 468 
Respiration artifacts, 455, 473, 481 
Respiration drift, 467 
Respiratory feedback monitor, 464 
Respiratory gating and compensation, 473—189 
basics of respiration, 474-476, 475 
breath-holding, 475, 477, 477-179 
cardiac triggering used with, 444 
k-space view reordering, 482^189 
ghosting due to periodic motion, 477, 

482^83 
high-frequency view reordering, 483—189 
low-frequency view reordering, 483^187 
practical considerations, 488—189 
principles of, 483-485, 484 
respiratory gating, 365, 444, 476, 479, 

479-481 
respiratory motion monitoring, 476, 476-477 
respiratory triggering, 48 1-482, 482 
retrospective respiratory gating, 467-468 
Respiratory motion, 476, 476-477 
Respiratory ordered phase encoding (ROPE), 

485, 486 
Respiratory triggering, 481-482, 482 
RESTORE. See Fast recovery 
Restricted-field-of-view imaging, 136 
Restricted pool. See Macromolecular proton pool 
Retrospective gating, 450-45 1 
phase contrast angiography, 668 
in projection acquisition, 9 1 2 
retrospective respiratory gating: 
in cardiac imaging using navigators, 

467-168 
in respiratory gating and compensation, 
467-168 
used in CINE imaging, 417, 418, 448 
Retrospective navigator data, 455 
Reverse centric view order, 262, 419, 419 
Reversed fast imaging with steady-state free 

precession (PSIF), 584? 
Reversed spiral pulse sequences, 763, 945 
Reverse elliptical centric view order, 440 
Reverse-order kbGRASE, 752-753, 753 
Rewinding gradient, 260, 262, 636-637, 930 
RF bandwidth, 33,61 
calculating, 40 
in CEMRA, 692 
of hard pulses, 35 

of hyperbolic secant pulse, 195-196 
of MT pulsi 



reduc 



>n of, 1 



of refocusing pulses, 94 



ofSINCpuIse,38,42r 
time-varying, 61 

See also Readout bandwidth; Receiver 
bandwidth; Time-bandwidth product 

RF carrier waveform, 32 

RF chopping, 374, 422, 669 

RF duty cycle, 162,819 

RF envelope, 32, 153-154 

RF field, 69-70 

RF k-space. See k-space 

rFOV (reduced field of view) methods, 384 

RF phase, 420, 420; 

RF reference frame, 27-28 

RF spin echo. See Spin-echo pulse sequences 

RF spoiling. See Spoiling 

Right-handed Cartesian coordinate system, 21 

Right-hand rule, 22, 23-24 

Rigid body motion, 456^157 

R1GR (reduced-encoding imaging by 

generalized-series reconstruction), 385, 
386-387 

Ringing artifacts, 43 1 , 432, 492, 494-495 

Ripple, 48r, 54, 57 

Rise time, 216 

Root-mean-squared spatial displacement, 832 

ROPE (respiratory ordered phase encoding), 
485, 486 

Rosette k-space trajectories, 382, 515-516 

Rotated bands phase encoding, 749-750, 750, 
751 

Rotating frame Bloch equation, 26-27 

Rotating reference frame, 3, 21, 21-28, 22 
effective magnetic field in, 179, 180 
mathematical description of, 22, 22-24 
simplifications provided by, 24-28 

Rotational matrices, 44 
examples of, 230, 232/, 234-235 
orthogonal, 231, 232;, 233-236, 234r 

Rotational motion, 24 

composite, 47-48 



Saline flush, 689 

Sampling comb, 17 

Sampling function, 516-519 

Sampling theorem, 507 

Sandwich echoes, 882, 882-883 

SAR. See Specific absorption rate 

Saturation. See Signal saturation 

Saturation bands, 148, 148-149, 149, 151-152 

Saturation modules, 635, 644, 806 



Saturation recovery (SR), 609 

Scalar diffusion anisotropy calculations, 834, 

847-848, 849 
Scalar diffusion anisotropy indices, 848 
Scalar diffusion anisotropy maps, 832, 849-850 
Scaling. See Image scaling 

for 2D v. 3D acquisitions, 425-426 

diamond k-space coverage and, 799, 799 

in Dixon's method, 881-885, 882, 884, 885 

echo-train pulse sequences and, 632 

with flow sensitivity, 677 

Fourier imaging, 547, 780, 781 

for interleaved acquisition, 409^110, 613-614 

k-space view order and, 426 

for multidimensional data set, 288 

in multishot EPI, 723 

parallel imaging and, 886 

in perfusion quantification, 823 

with RARE, 775, 780 

reducing: 

in cardiac imaging, 899 

with Nyquist sampling, 899-900 

partial Fourier acquisition and, 547 

with phased array coils, 522, 533 

in projection acquisition, 899, 900, 901 

with SENSE, 523, 527, 530-531 

with turboprop, 918-919 

view sharing and, 570 

total, of 3D RARE, 782-783 
Scissors method, 544 
Scout image, 229, 236 
Scrambled slice order, 413, 414 
Secondary peaks, 156, 157 
Secondary phase encoding, 256-257, 424, 424 
Secondary spin echoes, 785, 786 
Second-echo lipid suppression, 644-645, 645 
Second-order GMN (acceleration 

compensation), 332, 333-334 
SE-EPI. See Spin-echo EPI 
Segmented cardiac acquisitions (FASTCARD) 

interleaved acquisition, 417-418, 418 

prospective triggering used in, 448 

sequential acquisition, 415, 416 

using view sharing, 568, 570, 570-571 
Segmented k-space acquisition: 

with BRISK (turbo-BRISK), 389 

in phase contrast angiography, 668 
Selective 3D acquisition, 433^136, 433^37 
Selective excitation: 

k-space perspective and, 378 

spectrally selective pulses for, 122-123, 123 

of water magnetization, 857 
Selective excitation pulses, 75-76, 76 



Selective inversion pulses, 813 
assumed in IR, 608 
in black blood angiography, 608, 654 
designing, 80-82, 81 

Selective saturation of lipid magnetization. 857 

Selective signal nulling, 608 

Selectivity, of inversion pulses, 77-78 

Self-calibrated parallel imaging, 540, 540-541 

Self-navigating, 912 

Self-squared terms, 296 

Semisolid pool. See Macromolecular proton pool 

SENSE. See Sensitivity encoding (SENSE) 
technique 

Sensitivity calibration, 524-525, 536-543 
AUTO-SMASH, 536, 541, 541-542, 543, 637 
direct sensitivity measurement, 540, 540-541 
GRAPPA, 536, 537, 542, 543 
indirect sensitivity measurement, 541-542 
practical considerations in, 542-543 
sensitivity normalization, 537-540 

Sensitivity encoding (SENSE) technique, 522, 
524. 524 
to accelerate PRESTO acquisition, 771 
contrast-enhanced MR angiography with, 

525, 526 
multiple-coil reconstruction compared, 502 
in parallel imaging, 366, 401, 441, 478 
in parallel-imaging reconstruction, 523, 

527-531,528,529 
sensitivity normalization and, 537-538 

Sensitivity measurement, 501 

Sensitivity normalization, 537-540 
target function normalization, 538-540 
unnormalized sensitivity, 537-538 

Sensitivity profiles from an array of coils 
for encoding and reconstruction in 
parallel (SPACE RIP) algorithm, 
544 

Sensitivity weighting, 532-533, 537 

Separability, 9-10 

Separable window function, 496, 497 

Sequential 3DTOF. See Multiple overlapping 
thin-slab acquisition 

Sequential acquisition: 

with cardiac triggering, 415-417, 416 
interleaved acquisition compared, 406, 

406-410,407 
slice cross-talk and, 4 1 1 , 4 1 3^t 1 4 

Sequential IR acquisition, 613, 613, 614 

Sequential phase encoding in GRASE, 746-747, 
747 

Sequential view order, 419, 419 

Series-based scan plane selection, 402 

SHARE (shared- view acquisition using repeated 
echoes), 797 



Shearing in image, 318 

Shepp-Logan head phantom, 901 

Shielded gradient coils, 319, 322 

Shift theorem for Fourier transforms, 10, 129 

DC offset and, 421, 421^122 

discrete Fourier transform, 15-16, 16 

off-center FOV and, 263-264 

phase shifting and, 493^194 

rigid body motion and, 456 
Shimming, 552, 558 
Shinnar-Le Roux (SLR) algorithm, 31, 43-45, 

hard pulse approximation, 43^1-5, 44 
SU(2) representation, 43, 44, 46-47, 48/ 
See also SLR pulses 
Short tau inversion recovery (STIR) pulse 
sequence, 197, 198 
black blood methods and, 652 
for bright lipid signal suppression, 

796-797 
inversion pulses in, 83 
for lipid suppression, 602-603, 622-624, 624, 

857, 858 
nulling time in, 609-610 
Short-time-constant eddy currents, 322, 323, 923 
Short TI recovery (STIR). See Short tau 

inversion recovery 
Shots, 382 

signal generation process, 370-37 1 
in transverse plane, deriving, 245, 248-249 
Signal acquisition, 367^441 

bandwidth and sampling, 367-377 

mathematical description, 367-370, 368, 

369 
operator parameter selection, 374-377, 375 
receiver design, 370-374 
keyhole, BRISK, and TRICKS, 383-392 
BRISK, 384, 387-389, 388 
keyhole acquisition, 384-387 
TRICKS. See Time-resolved imaging of 
contrast kinetics 
k-space sampling and. See k-space sampling 
longitudinal magnetization and, 638, 638-639 
parameter selection in, 374-377, 375 
real-time imaging. See Real-time imaging 
three-dimensional. See Three-dimensional 

signal acquisition 
two-dimensional. See Two-dimensional signal 
acquisition 
Signal and noise, symbols, 958 

RF spoiling and, 769 

twister gradients and, 360, 361 

water diffusion and, 275 



Signal averaging, 669 
in DW imaging, 851 
to reduce blurring, 792, 793 
in view reordering, 488-489 
Signal cancellation: 

in image reconstruction, 621, 622 
sinusoidal variation and, 359, 359 
Signal intensity, 356, 621, 681, 681 
Signal loss: 

diffusion-induced, 315, 830 
with fast recovery (FR), 891-892 
mechanisms of, 695-697, 696, 698/ 
Signal pathways: 

CPMG condition and, in RARE, 784-791, 

785, 786 
for multiple refocusing pulses, 309, 310, 310/, 
311-313 
both primary and stimulated echo 

pathways, 310/, 312, 313 
primary echo pathway, 310, 310/, 311-312, 

312 
stimulated echo pathway, 312, 312 

with 2D RF pulses, 125 
defined, 680 

choosing frequency offset and, 105, 106, 
113-114 

MT ratio and, 105-107, 707 

unintentional MT saturation, 109-1 10 
signal loss and, 696, 696, 697 
slice ordering and, 413^414, 414/ 
7"i mapping and, 622 
Signal suppression, 117, 1 18-122, 119, 120 
Sign alternation, 590 

in balanced SSFP imaging, 593, 594 
sign alternated FFT output, 494, 494, 505 
Signal-to-noise ratio (SNR), 106 
in brain imaging, 851 
in CEMRA, 691-692 
degrees of freedom and, 530 
in diffusion imaging, 85 1 
in direct phase encoding, 874 
Dixon's method and: 

direct phase encoding, 874 

extended two-point Dixon, 866 

parallel imaging methods, 886 

three-point Dixon, 867-868 
inverse dependence on VENC, 674 
nonuniform excitation and, 178 
parallel imaging methods and: 

SENSE, 530-531 

SMASH, 536, 539 
in phase-difference images, 666 
scaling relationship and, 428, 503-504 



selection of receiver bandwidth and, 376 

in single-shot EPI, 733, 734 

slice thickness and, 733, 734 

SNR efficiency: 

for 2D v. 3D acquisitions, 428^13 1 , 430r 
in 3D volume imaging, 241 

in spoiled gradient echoes, 429-43 1 , 430/ 

in 3D oblique imaging, 242 

trapezoidal readout gradient and, 709-7 1 1 

wide receiver bandwidth and, 709-710 
Signal tracking, 405 
Sign choice in Dixon, 872-873, 873 

Silver-Joseph-Hoult pulse. See Spatially 
selective adiabatic inversion pulses 
Simple gradient lobes, 219-222 
sinusoidal, 221, 221-222 
trapezoidal and triangular, 219-221, 220, 222 
Simulated phase evolution rewinding 

(SPHERE), 950 
Simultaneous acquisition of spatial harmonics 
(SMASH), 366, 522 
AUTO-SMASH, 536, 537, 541, 541-542, 543 
imaging reconstruction with: 

reconstruction algorithm for, 523, 532-536, 

534, 535 
sensitivity normalization in, 537-538 
target function normalization and, 538-540 
variations of, 536 
VD AUTO-SMASH, 536, 537, 542 
Simultaneous multislice acquisition with arterial 

flow tagging (SMART), 824 
SINC formula, 38^10, 39, 40, Alt 
SINC function, 17,507,520 
ringing artifacts and, 495 
in spoiler gradients, 353, 356 
SINC interpolation: 

in convolution-based reconstruction, 507, 

508, 512 
radial, 91 1-912 

rectangular field of view and, 500, 505 
in zero filling, 492 
SINC pulses, 31, 32, 37-42 
cross-talk effects, 412 
in designing ramp pulses, 145 
in designing SPSP pulses, 159, 160 
ideal slice profile and, 68 
inversion pulses, 77, 80-82, 81 
isodelay in, 75-76 
mathematical description of, 38^12 
refocusing pulses, 41, 42, 42r, 85, 91, 92 
selective, uses of, 75-76, 76 
in slice-selection gradients, 266 
slow envelope pulse, 128, 130 
spectrally selective, 1 16 



symmetric, 38 

truncated, 38 

used for lipid suppression, 1 2 1 

used for MT, 110 

VR-modified, 59, 59, 63, 64 

windowed, 73, 74 
Single-angle oblique prescription, 230, 232, 233 
Single-echo SE pulse sequences, 632-639 

basic pulse-sequence considerations, 
632-635, 633, 634 

in black blood angiography, 640, 641, 
643-645, 644, 645 

deriving signal for, 638, 638-639 

signal formula, 638, 638-639 

variants of, 633, 635-637, 636, 637 
Single inversion recovery, 652 
Single-phase CEMRA methods, 693, 694 
Single-point Dixon, 879-880 
Single-shot EPI, 703, 721-722 

in arterial spin tagging, 820 

in diffusion-weighted imaging, 830, 842 

image misrepresentation in, 852-853, 853 

lipid signal in, 857 
Single-shot EVI, 737 
Single-shot fast spin echo (SS-FSE) 

EPISTAR version, 809 

to freeze bulk motion, 830 

with half-Fourier acquisition, 400 

HASTE, 400, 525, 526, 783 

multishot RARE compared, 783-784, 784 

scan-plane control in, 402, 402 
Single-shot GRASE, 747, 748 
Single-shot navigators, 470-471 
Single-shot RARE. See Single-shot fast spin 

echo (SS-FSE) 
Single-shot spin-echo EPI, 834-835, 835 
Single-shot spirals, 944 
Single-shot turbo spin echo (SS-TSE). See 

Single-shot fast spin echo (SS-FSE) 
Single-slab 3D spin echo, 94 
Single-slab 3DTOF acquisitions, 146 
Single-slice 2D spin echo, 94 
Singular value decomposition (SVD), 387, 531, 

846 
Sinogram, 913 
Sinusoidal gradient waveforms, 930, 931, 932, 

933 
Sinusoidal modulation function, 186 
Sinusoidal readout gradients, 506, 708, 709, 

7/3,713-714 
Sinusoidal variation from twister gradients, 

358-359, 359 
Six-dimensional data acquisition, 283 
Six-point acquisition, 673, 675 
Skip-echo EPI, 735, 736 



Slice, 424 

Slice acquisition order, 411, 411-414, 413, 414; 

Slice cross-talk, 109-110, 410-414, 411-413, 

414? 
Slice-encoded direction, 437, 437-438 
Slice (phase) encoding, 256-257, 424, 424 
Slice following, 461,466 
Slice gaps, 410-411,47/ 
Slice narrowing, 42, 42/ 
Slice offset, 237, 237-238 
Slice ordering, 410-414, 411^113, 414; 
Slice profile, 68 

in 2D RF pulse design, 131 

in arterial spin tagging, 826 

determining by Bloch equations, 43 

distortion of, 63, 64 

inversion slice profile, 47, 48; 

nonlinearity in Bloch equations and, 91, 92 

for small flip angle excitation pulses, 62-63 

VR pulses and, 58-60, 59 
Slice-profile modulation, 317 
Slice-rephasing gradients, 216, 271, 271-273, 
272 

in 2D RARE, 779 

following slice-selection gradient, 266 

isodelay and, 75 
Slice selection, 217, 405 
Slice-selection gradients, 42, 216, 266-273 

in 2D RARE, 779 

amplitude of, 59, 59, 61, 270 

carrier frequency offset for, 268, 269 

displacement vector in, 268-269 

Larmor frequency in, 267, 267-268, 268, 269 

mathematical description, 267, 267-270, 268 

off-resonance condition and, 79 

qualitative description, 262-267, 266-268 

refocusing, 223, 223 

for waveform symmetrization, 298, 298 
Slice-selection gradient waveforms, 216, 219 

offsets in, 237 

for RF spin-echo pulse sequence, 348, 348 

inSE-EPI, 719 
Slice-selection waveforms: 

of standard ES pulse sequence, 765, 766 

target amplitude for, 230, 239-240 

time-reversed, 344 

velocity-compensated, 342, Ml-'i'H, 344 
Slice-selective binomial pulses, 102, 702 
Slice-selective excitation pulses, 68 
Slice thickness: 

amplitude of slice-selection gradient and, 266, 
266-267 



in designing SPSP pulses, 160, 161 
minimum, for 2D v. 3D acquisitions, 426-428 
SNR and, 733, 734 
Sliding interleaved k y (SLINKY), 689 
Sliding thin-slab MIR 686, 698 
Sliding window readout, 748, 756-759, 757, 758 
Sliding window reconstruction, 396, 568-569, 

569 
SLINKY (sliding interleaved k y ), 689 
SLIP (spatially separated lipid presaturation), 

151,654,685 
Slow envelope pulse, 128, 130-131, 133 
SLR algorithm. See Shinnar-Le Roux algorithm 
SLR analysis, 31 
SLR inversion pulses: 
kinds of, 77 

SINC inversion pulses compared, 81, 82 
uses of, 80-82, 87 
SLR pulses, 43-57 
2D RF pulses, 126 
cross-talk effects, 412 
design considerations, 53-56, 55, 56 
ideal slice profile and, 68 
inversion pulses, 77, 80-82, 81, 412 
linear phase. See Linear-phase SLR pulses 
mathematical description of, 45-53 

hard pulse approximation and forward SLR 

transform, 44, 47-51, 48;, 49 
inverse SLR transform, 48;, 48-51, 49 
polynomials A and B, 52-53, 56 
rotations, 45^17, 48; 

n phase, 54, 56, 76, 7 18 

a. phase. See Minimum-phase SLR 

practical considerations, 48;, 56, 56-57 

refocusing pulses, 85, 92-93, 93 

selective, uses of, 75-76, 76 

used for lipid suppression, 121 

See also Shinnar-Le Roux algorithm 

SLR transform: 
calculating responses of SINC pulses with, 42 
forward SLR transform, 44, 44, 47-51, 48;, 49 
inverse SLR transform, 44, 51-52, 53 

Small flip angle approximation, 12-1 A, 74 

SMART (simultaneous multislice acquisition 
with arterial flow tagging), 824 

SMASH. See Simultaneous acquisition of 
spatial harmonics 

Snapshot images, 722 

SNR. See Signal-to-noise ratio 

Soft pulses, 35, 47-48, 49 

SORT method, 755-756, 756 

SPACE RIP (sensitivity profiles from an array of 
coils for encoding ar 
parallel) algorithm, 544 



SPAMM. See Spatial modulation of 



Spatial acceleration maps, 284, 288 

Spatial axis, 154-155 

Spatial chemical shift artifact, 644-645, 645 

Spatial encoding, 405^06, 581 

Spatial high-pass filter, 357, 403, 403 

Spatial kernel, 159-160, 160 

Spatial localization: 

frequency encoding in, 256 



gradiei 
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phase encoding in, 256, 256-257, 257 
slice-selection gradients and, 266 
Spatially independent phase error, 727-728, 728 
Spatially nonselective adiabatic inversion pulses, 

193 
Spatially nonselective adiabatic refocusing 

pulses, 201, 212 
Spatially resolved velocity maps, 282, 288 
Spatially selective adiabatic inversion pulses 
applications, 197, 198 
design of, 194-197 
Spatially selective binomial pulses, 102, 102 
Spatially selective excitation pulse 
k-space trajectory and, 380 
slice-rephasing gradients and, 271, 271-273, 
272 
Spatially selective refocusing pulses 
applications of, 85 
designing, 91-93, 92, 93 
off-resonance effect on, 91 
Spatially selective RF pulses, 31-32 
in RARE, 797 

slice-selection gradients used in. See 
Slice-selection gradients 
Spatially separated lipid presaturation (SLIP), 

151,684,685 
Spatial misregistration of oblique flow, 636 
Spatial modulation of magnetization (SPAMM), 
165-171 
applications of, 175-176 
design considerations, 169-171 
delay time, 171 
RF pulses, 165, 169-170, 170 
spoiler gradient, 171 
tagging gradient, 770, 170-171 
mathematical description, 165, 166-169, 167 
multidimensional, DANTE compared, 770, 

174 

qualitative description, 165-166, 165-167 

Spatial offset, 59, 65 

Spatial resolution: 

defining, 938-939 

in GRASE, 740 



increasing with VET, 798 
isotropic and anisotropic, 498, 498, 499 
Spatial RF profile, 116, 776, 133, 134 
Spatial RF pulses, 125-176 

multidimensional pulses, 31, 32, 125-138, 726 
alternatives to, 757,137-138 
applications, 136-138, 137 
pulse analysis and design, 126-136 
ramp pulses. See Ramp (TONE) pulses 
saturation pulses. See Spatial saturation pulses 
SPAMM, 165-171 
spatial-spectral pulses. See Spatial-spectral 

RF pulses 
tagging pulses, 164-176 
Spatial saturation, 148-149, 749 
Spatial saturation pulses, 31, 32, 148, 148-152, 
149 
concatenated, 150-151 
in ftuoroscopically triggered MR angiography, 

403 
implementation of, 149-152, 150, 151 
in perfusion quantification, 815-816 
traveling pulse, 150-151, 684, 684 
Spatial selection gradient, 1 30 
Spatial selectivity, 32 

of adiabatic refocusing pulses, 21 1 
of inversion pulses, 77-78 
Spatial-spectral (SPSP) RF pulses, 31, 32, 
153-163, 154 
corrections for eddy-current effects, 329-330 
excitation pulse, 718, 718 
lipid suppression, 624, 857 
mathematical description of, 154-161 
joint spatial-spectral RF k-space, 154-155 
spectral envelope, spatial kernel, and 

gradient dwell factor, 159-161, 760 
true and opposed null designs, 754, 
155-158, 156, 157 
practical considerations, 757, 162-163 
RF k-space and, 61-62, 128, 136, 378 
sensitivity of, 66 
Spatial subpulses, 160-161, 162 
Spatial tagging pulses, 31, 32, 283, 283-284 
Spatial variables, symbols, 957 
SPECIAL. See Spectral inversion at lipids 
Special orthogonal 3D group [SO(3)] 

representation, 44, 45-47 
Special unitary 2D group [SU(2)] 
representation, 43, 44 
description of rotations, 46-47, 48/ 
hard pulse approximation, 47-51, 48r, 49 
Specific absorption rate (SAR), 33 
adiabatic excitation pulses and, 1 89 
adiabatic refocusing pulses and, 212 
in arterial spin tagging, 826 



Specific absorption rate (SAR) {continued) 

in double-sideband saturation, 152 

in GRASE, 743 

management of, 795 

of pulses, comparing, lllr, 111-112, 113 

in RARE, 795 

regulatory limits on, 108, 109 

7*i relaxation times and, 594 

True FISP acquisitions and, 400 

use of very short TR and, 594 

VR to minimize, 63-65 
Spectral axis, 154-155 
Spectral broadening, 869 
Spectral editing, 176 
Spectral envelope, 159, 160 
Spectral inversion at lipids (SPECIAL) 

host sequences in, 628, 628 



inversion recovery, 607, 616 

as lipid suppression technique, 122, 624 
Spectrally selective lipid saturation, 624, 624 
Spectrally selective RF pulses, 31, 49, 1 15-124, 
116 

applications of, 118-124 
magnetization transfer, 1 24 
selective excitation, 122-123, 123 
signal suppression, 1 18-122, 779, 120 

for bright lipid signal suppression, 796-797 

chemical shift and, 33 

defined, 116 

inGRE-EPI,718 

lipid suppression, 857 

mathematical description of, 1 17-1 18, 778 

in RARE, 797 

refocusing pulses, 85 

suppression pulses, 102 
Spectral profiles, 117 
Spectral RF pulses, 96-124 

composite, 96-103 

implementation of, 100-103, 101, 102 
mathematical description of, 97, 98-100, 



99 
magnetization transfer pulse 



103-1 



■, 105, 



implementation strategies for, 105, 

107-110, 108, 109 
MT ratio and direct saturation, 105-107, 



mathematical description of, 1 17-118, 118 
Spectral selectivity, 36, 77 
Spectral-spatial pulses. See Spatial-spectral 

(SPSP) RF pulses 



Spectroscopy, 3 1 

composite RF pulses in, 96, 100 
CSISMfor,881 
DSI, 830-831, 849 
navigator echoes used in, 455 
projection acquisition and, 922 
pulsed Fourier transform spectroscopy, 888 
q-space imaging in, 850 
saturation band profile in, 149-150 
spatial localization in, 257 
spiral acquisitions, 935, 945 
in vivo, localized, 137,212 
water suppression in, 100, 118 
Spectrum, 1 16 

Speed (three-direction) image, 672-67 '4 
SPGR. See Spoiled gradient echo pulse 

sequences 
SPHERE (simulated phase evolution rewinding), 

950 
Spherical harmonic expansion, 320 
Spherical navigators, 457, 458, 459 
Spinal imaging: 
cervical spine imaging, 33 1 , 332 
diffusion imaging, 85 1 
fast recovery (FR) used in, 890 
oblique prescriptions for, 229, 240 
Spin-conditioned respiratory gating, 48 1 
Spin-echo EPI (SE-EPI): 

fast recovery applied to, 890, 891, 892 
refocusing pulses used in, 94 
single-shot, 834-835, 835 
two-dimensional, 719-721, 720, 808, 808 
See also Diffusion imaging 
Spin echo fast recovery (FR) sequences, 

890-893, 891, 892 
Spin-echo (SE) pulse sequences, 31, 84, 85, 575, 
630-646, 631, 631?, 837, 838 
3D localization in, 138 
in black blood angiography, 648, 649, 

650-652, 657 
combined slice-rephasing gradient lobes in, 

272, 272-273 
in continuous AST, 820 

crusher gradients in, 306, 307, 307, 315 
DE applied to, 888, 889 
diffusion-weighting gradients in, 274, 275, 

275, 276, 278 
Dixon method used with: 

scan time considerations, 882, 882-883 
two-point Dixon, 858-862, 860, 861, 863 
dual-echo acquisition: 

in black blood angiography, 650-651 
pulse sequence variants, 640, 641, 
643-645, 644, 645 



641 
flip angle for, 67 
frequency-encoding gradients in, 245, 245. 

249-250, 251 
GMN waveforms for, 347-348, 348 
gradient moment nulling in, 335-336 
in inversion recovery, 607 
k-space sampling in, 250, 251 
multi-echo SE, 640, 640-646, 641 

dual echo and variable echo, 641-643, 642, 

643 
dual-echo SE pulse sequence variants, 640, 

643-645, 644, 645, 650 
Ti mapping, 645-646 
navigators used with, 460, 460, 461, 464-465, 

465 
phase accumulation, 603 
phase determination. See Phase determination 

methods 
phase-encoding gradients in, 257, 260 
production of, with refocusing pulses, 85, 86, 

87-90 
resonance offsets in, 858-859 
in respiratory gating, 481 
role of prephasing gradient in, 246, 247, 

248 
single-echo SE, 632-639 

basic pulse-sequence considerations, 

632-635, 633, 634 
in black blood angiography, 649. 652 
signal formula, 638, 638-639 
single-echo SE pulse sequence variants. 
633, 635-637, 636. 637 
slice-selection gradient waveforms for, 348. 

348 
spoiled GRE contrasted, 600-601 
T[ mapping with, 622 
time-dependent longitudinal magnetization in, 

609 
waveform symmetrization in, 298, 298 
See also Diffusion imaging 
Spinors, 44, 46, 50 

Spin physical properties, symbols, 958 
Spin precession, 22, 22, 24, 257-258 
Spins, phase accumulation of, 281, 285 
Spin-spin coupling (J-coupling), 641, 796 
Spin-warp imaging, 260-261 
Spiral acquisition, 233, 257, 378, 400, 576, 606, 
928-935, 928-952 
Archimedean spirals, 515, 936 
blurring corrections in, 946-95 1 , 948, 949 
constant-velocity, 515 
CT compared, 937 



DORK method used in, 469 

field of view for, 934 

gradient echo spirals, 930 

lack of eddy-current effects, 951 

mathematical description of, 935-943 
approximate solution. 941-943 
gradient waveforms, 931, 937-940, 938 
k-space trajectory, 928, 935-936 

practical considerations, 951-952 

RARE spirals, 945 






:, 395 



reversed spirals, 945 

sensitivity to off-resonance effects, 133, 377 
single-shot spirals, 944 
time-varying readout gradients in, 255 
used in GRASE sequences, 945 
variable density spirals, 944-945 
variations on, 944-946 
view sharing, 568. 569 
See also Diffusion imaging 
Spiral echo planar imaging. See Spiral 

acquisition 
Spiral k-space trajectories, 133, 134, 381, 382, 
506 
in 2D RF pulse design, 1 27 
density compensation for, 5 1 5-5 1 6 
in phase reordering, 467 
Spiral readout gradient, 216 
Spiral scans. See Spiral acquisition 
Split acquisition of fast spin echo signals for 
diffusion imaging (SPLICE), 836, 838 
Spoiled Fast Low-Angle Shot (FLASH), 142, 

583, 584/, 680 
Spoiled gradient echo pulse sequences. 583, 
584r. 597/, 600 
for 2D and 3D acquisitions, 429^13 1 . 430r 
conventional RF spin echo contrasted, 

600-601 
in designing ramp pulses, 142-143 

:ing spoiled GRE signal. 587. 588. 



601 



phasi 



x 603 



SPGR sequence. 142 
spirals. 930 

in TOF and CEMRA, 680 
in TOF angiography, 583, 604, 680-681 
Spoiler gradients, 2 1 7, 349-357, 350 
in black blood angiography, 654 
crusher gradients differentiated, 306 
in DANTE sequences, 171. 172 
design considerations, 354-357 
in echo shifting, 765, 766, 767, 768-769 
end-of-sequence, 223, 585 
following inversion pulse, 78 
inGRE-EPI, 718 



Spoiler gradients (continued) 

mathematical description, 352, 352-353 
phase-encoding gradients used as, 586 
in signal suppression, 1 19-121, 120 
in SPAMM sequence, 165, 171 
spatial saturation and, 148-149, 149 
use in SE pulse sequences, 635 
Spoiling, 585 

in 2D and 3D acquisitions, 585 

in echo shifting, 765, 766, 161, 768-769 

in gradient echo pulse sequences, 583, 583, 

584;, 585, 585-586 
spatial maps in, 586 
stripe patterns and, 585, 585, 586 
Spot artifacts, 420, 421 
SPSP pulses. See Spatial-spectral RF pulses 
SR (saturation recovery), 609 
SSFP. See Steady-state free precession pulse 

sequence 
SSFP-echo acquisitions 
flow effects, 583, 604 
full-echo, 598, 600 
partial-echo, 598-599, 601 
SSFP-FID, 583, 584/, 589-592, 590, 596, 604 
SS-FSE (single-shot FSE). See Single-shot fast 

spin echo (SS-FSE) 
SS-TSE (single-shot turbo spin echo). See 
Single-shot fast spin echo (SS-FSE) 
Stacked projection acquisition. 391. 391, 424 
Standard GRASE phase-encoding order. 

747-751, 748- 751, 784 
STAR-HASTE, 809 
Static equilibrium, 582 
Stationary tissue: 
contribution to partial volume effects. 671. 

671-672,675 
suppressing, 683, 685. 695 
Steady-state AST. See Continuous arterial spin 

tagging 
Steady state concept. 582-583 
Steady-state free precession (SSFP) pulse 
sequence, 583, 584r 
balanced. See Balanced SSFP 
dual-echo steady state (DESS), 584;. 599. 

602, 602 
gradient echo spirals. 930 
gradient waveforms and pulse sequence 

names, 584;, 596-600, 597;, 598-602 
multiple-acquisition (CISS). 584;. 595-596. 

596, 591 1, 601-602 
short TR required, 600 
SSFP-echo. See SSFP-echo acquisitions 
SSFP-FID. 583, 584;, 589-592, 590. 596. 604 
T\ relaxation times required, 600 



True FISP. See Balanced SSFP 

See also Diffusion imaging 
Steady state of longitudinal magnetization for 

spoiled pulse sequences, 586-589, 588 
Steady state value, 682 

STEAM (stimulated echo acquisition mode), 830 
Stejskal-Tanner gradients. See 

Diffusion-weighting gradients 
Step and shoot technique, 695 
Stereotactic localization, 503 
Stimulated echo acquisition mode (STEAM), 830 

diffusion-weighted STEAM pulse sequence, 
837, 837-839, 839-840 

high-speed DW STEAM pulse sequence, 
839-840 

See also Diffusion imaging 
Stimulated echo artifact, 641-642, 643 
Stimulated echoes, 85, 785-786, 786 

CPMG condition and, 786, 787-788 

refocusing pulses and, 307, 308, 308 

selecting pathway, 310;, 312, 312, 313 
Stimulated echo pulse sequences, 837, 837-839, 

839-840 
STIR. See Short tau inversion recovery 
Stochastic k-space trajectories, 515-516 
Stopband, 68, 69. 116.7/6 
Stopband ripple. 48;, 54, 57 
Stripe patterns. 585, 585, 586 
Substitution method in keyhole reconstruction, 

385. 386 
Subtracted signal in perfusion, 809 
Subvolume (targeted) MIP, 686, 698 



jt squa 



540 



:y normaliz; 



dwith. 177, 



in three-direction image, 672 

adiabatic excitation pulse: 

187, 189 
adiabatic inversion pulses used with, 197 
adiabatic refocusing pulses used with. 212 
for continuous AST, 826 
Susceptibility dephasing map, 870 
Susceptibility-weighted images, 581 
Susceptibility weighted imaging (SWI), 

648-649. 657-658, 658 
SVD (singular value decomposition), 387. 531. 

846 
SWI (susceptibility weighted imaging). 

648-649. 657-658. 658 
Swirl artifacts, 508. 519 
Symbols, table of. 955-959 
Symmetric lobes. 339. 34 1 , 342 
Symmetric SINC pulses. 38 



Synchronous motion-sensitizing gradient 

waveforms, 284, 284-285 
Systole, 445, 446 

T\ fast field echo (Tl-FFE), 583, 584/ 
T\ mapping: 

in arterial spin tagging, 823 

inversion recovery pulse sequences for, 622 

in quantitative perfusion calculation, 814, 
822, 822 
T\ reduction of blood, 690-691 
T\ relaxation times: 

approximate, 961 

CEMRA applications, 691-692 

inversion pulses used in measuring, 83 

inversion recovery and, 606 

long, 809, 844, 890 

net effect in FAIR, 812 

SAR and, 594 

shorter, 857, 892-893 

temporal recovery of perturbed 
magnetization, 412 
T x -weighted contrast, 583, 583 

in 3D MP-RAGE, 628, 628-629 

inversion recovery and, 606 

SE pulses in, 630-63 1 , 631, 63 1 /, 632 

spoiled GRE and, 600 

variations in, 646 
7"2* (apparent T 2 ; T 2 star) 

contrast weighting, 581-582, 641 

sensitivity to effects of, 754 

shortening of deoxygenated blood, 648-649 

T 2 * decay, 704 

72*-induced image blurring, 704, 734 

72* mapping, 737 
T 2 contrast, degraded, 893-894 
T 2 correction in RARE, 792 
7~2* decay 

amplitude attenuation caused by, 869 

signal loss and, 892, 892 

in spiral acquisitions, 933 
T 2 * decay curve, 737 

T 2 decay k-space discontinuity, 746, 749-750 
T 2 mapping, 791-792 
T 2 preparation (r 2 -prep), 888, 889, 890 
T 2 relaxation times, 94, 961 
T 2 shine-through effect, 844-845 
"72/7," contrast weighting, 594-595 
72- weighted imaging, 418 

DE preparation for, 894-895 

GRASE used for, 741, 742, 743 

SE pulses in, 630, 631/, 640, 640, 641 

spinal imaging, 892, 892 

SSFP-echo signal, 592 

three-dimensional, 776 



r 2 -weighted RARE, 857, 859, 883-885, 885 
T 2 weighting: 
k-space discontinuities in: 
ghosting and, 748-751, 749 
in standard GRASE, 751 
image artifacts and, 791-792, 792, 793 
in RAD-FSE, 919-920,92/ 
7- 2 * weighting, 763 

Table of common abbreviations, 963-964 
Table of constants and conversion factors, 

960-962 
Table of symbols, 955-959 
Tagging pulses, 164, 167, 168-169, 170, 
170-171 
applications of, 175-176 
carrier frequency of, 819-820 
DANTE, 171-175 

design consideration, 173-175 
mathematical description, 171, 172-173 
qualitative description, 171, 171-172 
EPISTAR, 807-808, 808 
MT effect and, 818-819 
resonance frequency offset of, 819-820 
SPAMM, 165-171 
design considerations, 169-171 
mathematical description, 165, 166-169, 

167 
qualitative description, 165-166, 165-167 
spatial, 31,32,283, 283-284 
Tags: 

in DANTE sequences: 
tag deformity, 175-176 
tag locations, 173-174 
tag widths, 174, 174/ 
mathematical description of, 167, 168, 169 
multiple sets of, 170, 170-171 
role of, 164 

spatial tags, 283, 289-290 
tag deformity in SPAMM and DANTE, 
175-176 
Tailored pulses, 38, 92, 116 
Tangent (tan) modulation functions, 187 
Tanh/sech functions, 1 83 
Tan/sec functions, 1 83 
Targeted (subvolume) MIP, 686, 698 
Target function normalization, 538-540 
Temperature mapping, 558, 763, 772 
Template interactive phase encoding (TIPE) 

GRASE, 754 
Temporally sliding window, 919 
Test bolus timing, 404, 693 
Tetramethyl silane, 115 

TGSE (turbo gradient spin echo). See Gradient 
and spin echo pulse sequences 



Thick-slab 2D PC angiography, 358, 361, 695 
Thin-slice acquisitions, 667, 667, 683-684 
3D-PR-TRICKS, 391, 391, 392 
3DTOF. See Three-dimensional time-of-flight 

MR angiography 
3PD. See Three-point Dixon 
Three-dimensional contrast-enhanced exams: 

TRICKS used in, 389-392, 390-392 

twister gradients used in, 361 
Three-dimensional DFT, 16, 17 
Three-dimensional EPI, 703, 737 
Three-dimensional gradient echo: 

DE preparation with, 889, 893-895, 894, 895 

ES gradient echo, 764, 765 
Three-dimensional GRASE, 741, 742, 743, 

755-756, 756, 759 
Three-dimensional inversion recovery 

sequences, 607, 613, 616 
Three-dimensional localization, 138 
Three-dimensional phase contrast, 675, 676 
Three-dimensional projection acquisition (3D 

PA), 901-902, 907-909, 908 
Three-dimensional RARE, 775, 781-783, 782 
Three-dimensional RF pulses, 125, 93 
Three-dimensional signal acquisition, 424, 



424- 



1,425 



acquisition strategies, 433^139 
chemical shift, 437, 437-438 
offset slabs, 438-439, 439 
selective and nonselective 3D, 433-436, 
433-437 
adiabatic excitation pulses used in, 1 89 
adiabatic refocusing pulses used in, 212 
comparison with 2D acquisition, 425-433 
acquisition time, 425—126 
minimum slice thickness, 426-428 
receiver dynamic range requirements, 

431-433 
SNR efficiency, 428-43 1 , 430f 
truncation artifacts and Fourier leakage, 
431,432 
keyhole methods, 385 
RARE, 781, 782 
rectangular pulses with, 36, 94 
in respiratory gating, 481 
use of slice encoding, 256-257 
technical considerations, 439—44 1 
multislab acquisition, 440-44 1 
parallel imaging, 441 
view orders, 439^140, 440 
Three-dimensional single-shot FSE, 783 
Three-dimensional spin echo, 94 
Three-dimensional spiral v; 



Three-dimensional time-of-flight (3DTOF) MR 
angiography, 104-105, 105, 685-688, 686, 
687, 698f 

intracranial, 141 

MT pulses in, 113-114 

ramp pulses used in, 139, 141, 141-142, 145 
Three-direction (speed) image, 672-674 
Three-point Dixon (3PD), 866-875 

basic method, 866-868 

correction for chemical shift misregistration, 
874-875 

direct phase encoding, 872-874, 873 

including echo amplitude modulation, 
868-872 

RARE used in, 779, 885 
Three-point prescription, 232/, 236-238, 237 
Threshold detection with navigator processing, 

446 
Threshold method for noise masking, 566-567 
Through-plane translation of object, 912-913, 

917 
TI (inversion time), 821, 822-823 
Tidal volume, 475 
TILT (transfer-insensitive labeling technique), 

810,823,824 
Tilted optimized nonsaturatmg excitation 

(TONE) pulses. See Ramp pulses 
Time-bandwidth product, 33 

calculating, 40 

in designing selective inversion pulses, 82 

dimensionless, 135 

of Gaussian pulse, 110, 135 

of hyperbolic secant pulse, 195, 196 

pulse profile and, 436 

in pulse selectivity, 53-54 

of SINC pulse, 38-39 

See also Readout bandwidth; Receiver 

bandwidth; RF bandwidth 

Time constants of eddy currents, 3 1 8, 327 

long time constants, 322-323 

short time constants, 322, 323 
Time-dependence: 

of contrast enhancement, 691 

in GMN, 336-337 

waveform preemphasis and, 320-323, 321 
Time-dependent envelope, 24-25 
Time-dependent longitudinal magnetization, 

607, 608-609 
Time-dependent vectors, 22-23, 23-24 
Time-domain signal: 

evenly sampled, 709, 712 

nonlinear sampling, 709, 713 
Time efficiency: 

of bridged gradient lobes, 222-224, 223, 224, 
226, 227 



gradient lobe shape and, 221 
HOT method and, 240 
of interleaved multislice 2D imaging, 429 
of trapezoidal RF waveform, 345-346 
use of crusher gradients and, 227-228 
Time evolution of magnetization, 26-28 
Time-of-flight (TOF) angiography, 680-689 
bright blood, 649, 651, 651 
hyperintense blood signal and, 580-581 
MOTSA, 679, 686, 688, 688-689, 698/ 
partial saturation and flow-related 

enhancement, 680-682, 687, 683 
spoiled GRE preferred, 583, 604 
3DTOF. See Three-dimensional time-of-flight 

MR angiography 
2DTOF. See Two-dimensional time-of-flight 
angiography 
Time-resolved studies: 

CEMRA methods, 679, 693, 695 
partial k-space updating methods used in, 
383-392 
BRISK, 387-389, 388 
CEMRA, 692-693 
keyhole acquisition, 384-387, 695 
real-time, 395-396 
reduced field of view methods, 384 
TRICKS. See Time-resoved imaging of 
contrast kinetics 
spiral acquisitions in, 944 
Time-resolved imaging of contrast kinetics 
(TRICKS), 389-392, 390-392 
keyhole views, 384 
with projection acquisition, 902 
techniques, 695 
view sharing, 571 
Time-reversed adiabatic pulse, 1 85 
Time-reversed slice-selection waveform, 344 
Time-segmented deblurring, 948, 949, 949, 950 
Time shift of echo, 903, 922-924 
Time-varying gradients: 
readout gradient, 255 
spoilers, 585 

for SPSP pulses, 153-154 
Time- varying RF bandwidth, 61 
Tip angle. See Flip angle 
TIPE (template interactive phase encoding) 

GRASE, 754 
TIR (triple inversion recovery), 629, 654-657, 

655, 656 
Tissue-blood partition coefficient, 805 
Tissue perfusion quantification, 83 
Toggled acceleration encoding waveform, 284, 
284 



Toggled bipolar gradients, in phase contrast 
angiography, 282, 282, 299 
gradient echo pulse sequences, 660, 660-662, 

661 
to minimize artifacts, 662-663, 663 
Toggled gradient lobes, 299 
TONE pulses. See Ramp pulses 
TONE (ramp) ratio, 139 
Top-down phase encoding method, 261-262 
Tornado filter, 919 
Total acquisition time. See Scan time 
Trace, 842, 848 
Tracers, 805 
Tractography, 848-850 
Transfer-insensitive labeling technique (TILT), 

810,823,824 
Transit delay, 815-816, 816, 822 
Transition smoothing, 551, 557 
Translational displacement, 832, 910-911 
Translation error, 9 1 7 
Translation rules, 333-335, 337, 337-339 
Transverse magnetization, 84 
in adiabatic refocusing pulses: 
effective magnetic field and, 201-203, 

203-204 
precession plane rotation, 205-207, 206 
complex, 25, 72-74, 74 
as component of RARE, 784 
conversion to, 139-141 
in DANTE sequences, 172-173 
dephased in SPAMM tagging pulses, 165, 
166, 166-167, 171 
equilibrium and, 888, 889 



echo tr 



i,640 



n, 349, 351, 



effects of crusher pairs on, 2 

effects of refocusing pulse c 

excitation pulses and, 27, 7i 

FR method and, 891-892 

influence of spoiler gradienl 
352, 352-353 

in inversion pulses, 77, 77 

in nonadiabatic pulses, 73-74 

phase dispersion and, 351-352, 352, 353 

phase shifts of, 891-892 

production of, 24-25 

refocusing, 85, 85, 86-87, 87 

residual, dephased, 142 

steady state for, 590, 590 

7"2* decay, 704 
Transverse plane, 21, 22, 22 
Trapezoidal gradient lobes, 219-221, 220, 222 

bridged, 223, 223-224, 224, 225-226 

calculating concomitant-field phase, 297 

calculation of moments for, 340(, 340-341 



Trapezoidal gradient lobes, {continued) 

in designing diffusion-weighting gradients, 
276, 277, 277 

k-space trajectories during, 708, 709 
Trapezoidal readout gradient, 708, 708-713, 709 

sinusoidal gradient compared, 714 

wide receiver bandwidth and, 709-7 1 1 
Trapezoidal (TRAP) RF waveform, 36, 37/ 

eddy current effects, 317, 3 17-318 

as spoiler gradients, 350 

time efficiency of, 345-346 
Traveling saturation pulse, 150-151, 684, 684 
Triangle function, 516 
Triangular gradient lobes, 219-221, 220, 350 

for blip phase-encoding gradient, 717 

bridged, 223, 224, 224, 226-227 
TRICKS. See Time-resoved imaging of contrast 

kinetics 
Tri-directional flow compensation, 345, 686-687 
Triggering, 365 
Trigger signal, 450 
Trigger window (TW), 448^149, 449 

in black blood angiography, 657, 657 

prospectively estimating, 450 
Triple inversion recovery (TIR), 629, 654-657, 

655, 656 
TR-periodic ES pulse sequences, 767, 769-770 
True FISR See Balanced SSFP 
True-null SPSP pulses, 154, 155-158, 156, 157 
True temporal resolution, 394-395 
Truncated SINC pulses, 38 
Truncation (overshoot) artifacts, 562 

in 2D v. 3D acquisitions, 431, 432 

reduced by windowing, 494^t95 

zero filling and, 492, See also Gibbs ringing 
TSE (turbo spin echo). See Rapid acquisition 

with relaxation enhancement 
Tukey window, 495-498, 496-499 
Turbo-BRISK (segmented k-space acquisition 

with BRISK), 389 
Turbo gradient spin echo (TGSE). See Gradient 

and spin echo pulse sequences 
Turboprop (GRaSE with PROPELLER k-space 

trajectory), 761,918-919 
Turbo *ptn echo (TSE). See Rapid acquisition 

with relaxation enhancement 
TW (trigger window), 448-449, 449 
Twice-refocused RF spin echoes, 853 
Twiddle factors, 11, 18 
TWIRL (twisting radial line imaging), 901, 904, 

945-946 
Twisted projection imaging, 255, 945-946 
Twister gradients, 217, 357-361, 358, 361 

mathematical description, 359-360, 361 

in PC angiography, 675 



practical considerations and applications, 358, 

360-361 
qualitative description, 358-359, 359 
used as high-pass spatial filter, 403, 403 
Twisting radial line imaging (TWIRL), 901, 

904, 945-946 
2D-FT (two-dimensional FT), 9 
2D spin echo, 94 
2PD. See Two-point Dixon 
Two-axis phase encoding, 257 
Two-component SI technique, 858 
Two-dimensional acquisition, 405-423 
with cardiac triggering, 41 5 — 4 1 8 
cross R-R acquisition, 418 
interleaved acquisition, 417^18, 418 
sequential acquisition, 415^17, 416 
comparison with 3D acquisition, 425-433 
cross-talk and slice ordering, 410-414, 

411^413, 414/ 
interleaved: 

with cardiac triggering, 417-418, 418 
in respiratory gating, 48 1 
sequential acquisition compared, 406, 
406-410, 407 
k-space concept and, 378-383 
k-space trajectory, 380-382, 381 
mathematical description, 378-380 
sampling and coverage, 382-383 
k-space view order, 419, 419-423 
intrasequence phase cycling, 422^23 
latency and, 398 

phase and notation of RF pulse, 420, 420/ 
phase cycling, 420 
phase cycling to remove DC artifacts, 420/, 

420-422, 421 
sequential v. interleaved acquisition, 406, 
406-410,407 
Two-dimensional Cartesian encoding, 582 
Two-dimensional complex IR image intensity, 

616 
Two-dimensional DFT, 16 
Two-dimensional (2D) echo planar pulses 
pulse analysis and design, 128, 129-133 
in restricted-field-of-view imaging, 136-137 
Two-dimensional Fourier imaging: 






=,395 



scan time of RARE in, 780 

spot or zipper artifacts in, 420^122, 421 
Two-dimensional FT (2D-FT), 9 
Two-dimensional gradient echo, 399-400 

DE preparation with, 889, 893-895, 894, 895 

true FISP, 399-400 
Two-dimensional GRASE, 741, 752 
Two-dimensional gridding algorithm, 509-510, 
512,518,519 



Two-dimensional imaging: 
CHESS imaging, 123,725 
EPI pulse sequences for, 703 
fractional FOV in, 263 
oblique imaging, popularity of, 241 
slice following in, 466 
twister gradients used in, 357-358, 358, 361 
Two-dimensional inversion recovery sequences, 

607,611,672,612-615,6/5 
Two-dimensional multishce acquisitions, 780, 

787, 803 
Two-dimensional multislice interleaved RARE, 

797 
Two-dimensional navigators, 457, 458 
Two-dimensional phase-encoding order: 
k-banded, 748, 751-754, 752, 753 
linear, 746-747, 747 
standard, 747-751, 748-751, 784 
Two-dimensional polar coordinates, 515 
Two-dimensional projection acquisition (2D 
PA), 898, 900, 901, 901-907, 903-905 
Two-dimensional RARE, 775, 778, 778-781, 

781, 782 
Two-dimensional readout function, 929-930 
Two-dimensional RF pulses, 125-126, 126 
design of, 127-129 
spiral acquisition, 935 
Two-dimensional SE pulse sequences, 633, 633 
Two-dimensional sequential acquisitions, 585 
Two-dimensional sequential mode, 394, 481 
Two-dimensional single-slice acquisitions, 803 
Two-dimensional spin-echo EPI (SE-EPI), 

719-721,720,808,808 
Two-dimensional (2D) spiral pulses, 728, 133, 

754,755,135-136 
Two-dimensional spiral scans, 515, 928, 

935-936 
Two-dimensional time-of-flight (2DTOF) 

angiography, 676, 678-679, 683-685, 684, 
698r 
sequential acquisition in, 408 
venous flow suppression in, 750, 150-151, 
684, 688 
Two-dimensional vertical GRASE, 754-755, 

755 
Two-point Dixon (2PD), 858-866 
extended method, 864-866 
modified, 946 

original method, 858-864, 860-862 
RARE used in, 779 
Two-sided velocity-encoding gradient design, 
290, 662, 673 



Ultrasound, 394, 401 

Unaliasing by Fourier encoding the overlaps 

using the temporal dimension (UNFOLD), 

401,544 
Unbalanced SSFP, see SSFP-FID and 

SSFP-echo 
Undersampled k-space data, 525-526 
Undersampled PA, 907 
Undersampling artifacts, 381-382 
UNFAIR (uninverted flow-sensitive alternating 

inversion recovery), 812-813 
UNFOLD (unaliasing by Fourier encoding the 

overlaps using the temporal dimension), 

401,544 
Uniform cutoff reconstruction window, 496-497 
Unintentional MT saturation, 1 14 
Uninverted flow-sensitive alternating inversion 

recovery (UNFAIR), 812-813 
Unitary rotation matrix, 49, 51 
Unit vectors, 235-236 
Unnormalized sensitivity, 537-538 
U.S. Food and Drug Administration, 216 

Variable bandwidth procedure, 643-644, 644 
Variable density (VD) AUTO-SMASH, 536, 

537, 542 
Variable density spirals, 944-945 
Variable echo acquisition: 

dual-echo, 640, 640-641, 641 

signal intensity in, 642-643 
Variable encoding time (VET), 79, 798-799 
Variable-rate gradient (VRG) pulses. See 

Variable-rate (VR) pulses 
Variable-rate (VR) pulses, 31, 58-66, 59, 197 

applications of, 58 

inversion pulses, 77 

k-space concept and, 378 

off-resonance effects, 63, 64 

quantitative description, 60-65 

refocusing pulses, 85 

RF k-space interpretation and dwell factor, 
61-63 

spatial offset, 59, 65 

steps in generating, 65-66 

variable-rate stretching, 59, 60-61 

VR to manage SAR, 795 

VR to minimize SAR, 63-65 
Variable-rate selective excitation (VERSE) 
pulses. See Variable-rate (VR) pulses 
Variable-rate stretching, 59, 60-61 
Variable sampling density, 1 29, 135 
Vastly undersampled isotropic reconstruction 

(VIPR), 919, 920 
VCG (vectorcardiogram), 446-448, 447 



VD (variable density) AUTO-SMASH, 536, 

537, 542 
Vector anisotropy indices, 832 
Vectorcardiogram (VCG), 446-448, 447 
Velocity-compensated waveforms, 341-348 
GMN waveforms for RF spin echo sequences, 

347-348, 348 
phase-encoding waveform, 345, 345-347, 346 
slice-selection waveform, 342, 342-344, 344 
Velocity compensation (first-order GMN), 332, 

333-334, 635, 636 
Velocity-driven fast adiabatic passage principle, 

816 
Velocity encoding (VENC), 287 

in phase contrast acquisition, 660, 662-664, 

663 
quantitative description, 282, 287-288 
selecting VENC parameter, 665, 674 
in three-direction image, 672 
Velocity-encoding gradient: 
bipolar, 281-284, 281-284 

aliasing velocity (VENC), 282, 287-288 
gradient first moment of, 281, 285-286 
in phase contrast angiography, 281, 282, 

299 
in velocity preparation, 283, 283-284 
eddy currents contrasted, 327 
minimum-TE design, 290-291 
one-sided design, 290, 662 
two-sided design, 290, 662, 673 
Velocity FOV, 288-289 
Velocity mapping, 661, 661-662 
Velocity preparation, 283, 283-284 
Velocity-preparation gradient, 283, 289-290 
VENC. See Velocity encoding 
Venetian blind artifact, 679, 688, 688, 689 
Venograms, 657-658, 658 
Venous flow suppression, 150, 150-151, 684, 

684, 688 
Veronoi diagram, 516 
VERSE (variable-rate selective excitation) 
pulses. See Variable-rate (VR) pulses 
Vertical-field open-sided MRI systems, 23 1 , 

296,319,322 
Vertical GRASE (vGRASE), 741 
VET (variable encoding time), 798-799, 799 
vGRASE (vertical GRASE), 741 
View-angle ordering, 92 1 
View order. See k-space view order 
View reordering: 

in cardiac imaging, 461, 466-467 
in respiratory gating and compensation, 
482^89 
ghosting due to periodic motion, 477, 
482^83 



high-frequency view reordering, 483^89 
low-frequency view reordering, 483^87 
practical considerations, 488^189 
principles of, 483^85, 484 
rewinding used with, 636-637 
View sharing (image reconstruction), 567-57 1 
segmented cardiac acquisitions and, 570, 

570-571 
sliding window reconstruction, 396, 568-569, 
569 
Views per segment (vps), 415, 570, 570 
View table, 790, 793 
VIPR (vastly undersampled isotropic projection 

reconstruction), 919, 920 
Volume flow rates, 666-667 
Volume ratio (VR) anisotropy, 848 
Volume rendering, 425 
Volumetric 3D IR pulse sequences, 61 1 
vps (views per segment), 415, 570, 570 
VR (volume ratio) anisotropy, 848 
VRG (variable-rate gradient) pulses. See 
Variable-rate (VR) pulses 

Wash-in, 678 

Water-fat phase shift, 879-880 

Water imaging, 880-881 

Water suppression, 100, 118,623 

Waveform buffering, 398 

Waveform distortion, 451^53, 452, 951-952 

Waveform low-pass filtering, 323, 371-372 

Waveform preemphasis, 320-325 
eddy-current measurement, 323-324 
eddy-current spatial dependence, 320 
eddy-current time dependence, 320-323, 321 
preemphasis compensation, 324-325 
Bq component of, 324-325 
higher spatial orders, 325 
linear component of, 324, 325 

Waveform reshaping, 300, 300-301 

Waveform symmetrization, 298, 298 

Weighted gating, 467 

Weighted substitution in keyhole reconstruction, 
385, 386 

White-matter fiber tracts, 105, 834 

Whole-body coils, 1 14, 198, 426 

Whole-body gradient systems, 215-216 

Wiener deconvolution filter, 792 

Windowing, 494-498, 496-499 

Wraparound artifacts, 261, 499, 637 

X-ray fluoroscopy, 394 

Zero contrast, 610-611 

Zero-crossing point in IR, 609-610, 617 



Zero-crossings in 2D RF 
Zero filling, 18,431,911 

in Fourier image i 

in partial Fourier 
553, 557 

in PC acquisitions, 674-667 
Zero-frequency element, 1 1, 4S 
Zero padding. See Zero filling 



Zeroth-order GMN, 332. 333-334 

Zero time point, 493 

Zig-zag k-space trajectory, 506 
in EPI, 7/5,715-716 
in GRASE, 743-744, 755 

Zipper artifacts, 420-422, 421 

Zoom imaging, 637 



